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Nederlandse samenvatting
–Summary in Dutch–
Diabetes is een ernstige ziekte die wereldwijd meer dan 348 miljoen men-
sen treft. Deze patie¨nten hebben een te hoge hoeveelheid aan bloedsuiker
(glucose). Deze ziekte is ongeneeslijk en leidt tot vele gezondheidsproble-
men doordat het de bloedvaten aantast. Wanneer grote bloedvaten wor-
den aangetast is er een grotere kans op een hartinfarct, hersentrombose en
slechte bloedcirculatie in de benen. Aantasting van de kleinere bloedvaten
zorgt dan weer voor ernstige oog- en nierproblemen. Het mag duidelijk
zijn dat deze ziekte de gezondheid van de patie¨nt sterk beinvloedt.
Om mogelijke verwikkelingen te voorkomen, wordt de patie¨nt aangera-
den om regelmatig het bloedsuikerniveau op te meten en deze indien no-
dig deze bij te sturen met behulp van medicatie en/of insuline injecties. De
meest gebruikte manier om het bloedsuikerniveau op te meten, is een test-
strip waarop een klein druppeltje bloed wordt aangebracht. Deze test-strip
wordt dan uitgelezen door een elektronisch toestel dat tevens de gemeten
waarde weergeeft. Wanneer men echter het bloedsuikerniveau meerdere
keren per dag wil opmeten, is deze techniek onpraktisch en pijnlijk, aange-
zien telkens in de vinger geprikt moet worden voor de nodige bloeddrup-
pel. Nochtans kan de behandeling van diabetes beter op de patie¨nt afge-
stemd worden, wanneer het glucosepatroon gedurende de dag gekend is.
Om hieraan een oplossing te bieden, werden er toestellen ontwikkeld die
de patie¨nt kan gebruiken om continu het glucoseniveau op te meten. In
plaats van het bloedsuikerniveau, wordt glucose in het interstitieel vocht
(het vocht tussen de cellen) opgemeten. Hierdoor moeten er geen bloed-
vaten doorprikt worden, wat de risico’s op infecties vermindert. Via een
kleine naald die de huid doorprikt, wordt de glucose in het interstitieel
vocht bereikt en opgemeten. Deze glucosemeters kunnen gedurende een
week op het lichaam gedragen worden en geven een alarm wanneer er
te veel of te weinig glucose in het interstitieel vocht zit. Deze toestellen
hebben echter nog last van enkele kinderziektes en een (te) hoge kost-
prijs. Daarom wordt er wereldwijd veel onderzoek gedaan naar alterna-
tieve continue glucosemeters (CGM).







Figuur 1: (a) Test-strip om het glucoseniveau in bloed op te meten. (b) Continue
glucosemeter die op de huid gedragen wordt en glucose opmeet in het interstitieel
vocht. (figuren overgenomen van (a) Bayer R© en (b) Dexcom R©)
van dit doctoraat. De manier waarop we glucose willen detecteren is ge-
baseerd op de specifieke interactie van glucose deeltjes en lichtdeeltjes (fo-
tonen). Wanneer een foton invalt op een glucose molecule, kan de mole-
cule dit licht absorberen en de energie omzetten in een mechanische tril-
ling. Dit gebeurt echter slechts bij welbepaalde golflengtes en niet altijd
even efficient. Dit mechanisme uit zich in een uniek absorptiespectrum
dat voor alle golflengtes, de verzwakking door absorberende deeltjes weer-
geeft. Om een absorptiespectrum op te meten maken we gebruik van een
spectrometer. Eerder onderzoek toonde aan dat spectrometers zeer ge-
schikt zijn om glucose op te meten. Een voordeel van deze techniek is
dat er geen chemische reagentia nodig zijn die de meetbetrouwbaarheid
op lange termijn negatief kunnen beinvloeden. Verder kunnen we op basis
van het absorptiespectrum van interstitieel vocht niet alleen het glucoseni-
veau bepalen, maar ook de concentratie van andere absorberende biomo-
lecules.
Terwijl de huidige CGM slechts een korte periode werkzaam zijn, stel-
len wij een implanteerbare CGM voor, die voor minstens een jaar betrouw-
bare glucose metingen oplevert. Dit betekent echter dat we een duurzame
miniatuurspectrometer moeten ontwikkelen. De technologie die we hier-
voor willen gebruiken is de zogenaamde silicon-on-insulator technologie.
Deze technologie laat toe om miniscule optische componenten (lichtbron,
detector, golfgeleider enz...) te integreren op een kleine optische chip ge-
maakt uit silicium, met dezelfde fabricageprocessen die gebruikt worden
om (quasi alle) elektronica-chips te maken. Deze technologie laat toe om de
kosten per glucosemeter sterk te drukken, terwijl we toch een hoge kwa-
liteit kunnen garanderen. Een voorbeeld van een geı¨ntegreerde optische
chip ziet u in figuur 2(a).
Er bestaan veel verschillende soorten spectrometers met elk hun voor- en
nadelen. Hierdoor onderzochten we eerst welk type het meest geschikt
is om te implanteren. Hierbij identificeerden we een spectrometer waar-









Figuur 2: (a) Geı¨ntegreerde optische siliciumchip met uitleesstructuur om licht in
en uit de optische chip te koppelen (verkregen door imec) (b) Evanescent veld van
een golfgeleider, fotonen in het evanescente veld kunnen geabsorbeerd worden
door de glucose deeltjes (c) Silicium golfgeleider opgekruld tot een spiraal met
zeer kleine voetafdruk. Deze structuur kan gebruikt worden om glucose deeltjes
te detecteren.
bij het evanescente veld van een lichtstraal, die propageert in een silicium
golfgeleider, gebruikt wordt om te interageren met de glucose deeltjes. Dit
evanescente veld, bestaat uit fotonen die net buiten de omtrek van de golf-
geleider meepropageren met de lichtstraal (zie figuur 2(b)). Zodra een glu-
cose deeltje in dit evanescente veld terechtkomt, kan het de evanescente
fotonen absorberen en zodoende een meetbaar signaal genereren. Het on-
derdeel van de spectrometer waar deze evanescente interactie plaatsvindt,
is een lange golfgeleider die opgekruld is tot een spiraal die minder dan
een mm2 beslaat op de optische chip (zie figuur 2(c)).
Door een druppel water met enkele glucose deeltjes op deze spiraal te leg-
gen, kunnen we de in vivo context nabootsen. Het grootste verschil tussen
deze in vitro en de in vivo situatie is dat een waterige glucose oplossing
veel minder complex is qua samenstelling dan het interstitieel vocht in het
lichaam.
Er is een grote uitdaging verbonden aan het meten van glucose op basis
van het absorptiespectrum. Deze uitdaging ligt in het feit dat de fysiologi-
sche glucose concentratie zeer klein is in vergelijking met de hoeveelheid
water in het interstitieel vocht. Voor elk glucose deeltje, zijn er ongeveer
10000 waterdeeltjes. Doordat al deze waterdeeltjes ook fotonen absorberen
met gelijkaardige golflengtes als glucose, is het moeilijk om het absorptie-
signaal van glucose te onderscheiden van dat van water. Toch is dit mo-
gelijk, maar dan moet je wel het absorptiespectrum van interstitieel vocht
opmeten met een foutenmarge van slechts 0.01% (dus correct tot op 4 cij-
fers na de komma!).
Een groot deel van dit onderzoek was dan ook het uitwerken van de mee-
topstelling en spectrometer configuratie, totdat de experimentele stabiliteit








Figuur 3: Optofluidische chip bestaande uit een silicium-op-isolator chip met
evanescente sensoren en een microfluidische chip gemaakt uit de polymeer
PDMS. De twee microfluidische kanalen zijn aangeduid met zwarte lijnen. Het
langste kanaal is het referentie-kanaal en het korste kanaal is het signaal-kanaal
waardoor waterige glucose-oplossingen gepompt worden.
De glucose metingen werden uitgevoerd met een zogenaamde optofluidi-
sche chip. Dit is de combinatie van een optische siliciumchip, die de glu-
cose sensor bevat, met erboven een microfluidische chip gemaakt uit de
polymeer PDMS. Deze microfluidische chip bevat onderaan kleine kanaal-
tjes waarin we de verschillende glucose oplossingen kunnen aanbrengen.
Een foto van deze optofluidische chip is getoond in figuur 3.
Door afwisselend water en een glucose oplossing met telkens lagere con-
centratie aan te leggen en het absorptiespectrum op te meten, konden we
de nauwkeurigheid van onze glucosemeter bepalen. Het resultaat van
deze meting is weergegeven in figuur 4(a,b).
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Figuur 4: (a) Glucose absorptiespectra die opgemeten werden met de
optofluidische chip met de theoretisch verwachte absorptiespectra. Die laatste
werden afgeleid door een lineair regressiemodel te ontwikkelen dat de gemeten
absorptiespectra een glucoseconcentratie toekent. De theoretisch verwachte
absorptiespectra (licht grijze curves) zijn op basis van deze afgeleide
glucoseconcentraties berekend. (b) Grafische weergave van het lineaire
regressiemodel dat de glucose concentraties toont die afgeleid werden uit de
spectrale metingen versus de opgelegde glucose concentraties.
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We behaalden een pasfout van 1.14 mM en een 95% betrouwbaarheidsin-
terval van 0.86 mM ± 0.86 mM, wat net voldoende is voor de continue
glucosemeter toepassing. Aangezien dit resultaat enkel voor een waterige
glucose oplossing geldt, hebben we ook verschillende serum stalen opge-
meten met de optofluidische chip. Deze zijn meer representatief voor de
geı¨mplanteerde glucosemeter. Uit deze serum metingen konden we aflei-
den dat het hoge zoutgehalte een probleem vormt voor onze sensor. We
kunnen glucose nog steeds opmeten, maar de nauwkeurigheid ligt bedui-
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Figuur 5: Ontwerp van de optofluidische chip om glucose diffusie te bestuderen.
Er is een stromingskanaal dat een lange aftakking, het zogenaamde
diffusiekanaal, heeft waarin glucose via diffusie zich kan verplaatsen. Er zijn vier
sets van telkens drie ring resonatoren die gebruikt kunnen worden om lokaal de
tijds-evolutie van de glucose concentratie op te meten. Deze concentratiecurves
worden gebruikt om de diffusiecoefficie¨nt van glucose nauwkeurig op te meten
Doordat de glucose deeltjes zich dicht tegen het oppervlak van de spiraal-
vormige golfgeleider moeten bevinden vooraleer we ze kunnen opmeten,
hebben we het massatransport van glucose in water bestudeerd. Het is zo
dat glucose zich verplaatst via diffusie. In dit doctoraat hebben we een
nieuwe optofluidische chip ontwikkeld die toelaat om met hoge nauwkeu-
righeid het diffusieproces van kleine moleculen te bestuderen. Door de
verandering in de glucose concentratie in de tijd en ruimte op te meten,
kan de diffusie snelheid bepaald worden. Het ontwerp van deze optoflui-
dische chip, samen met de voornaamste meetresultaten worden getoond
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in respectievelijk figuur 5 en figuur 6.


























































Figuur 6: Invloed van stroming in het hoofdkanaal op het massatransport van
glucose in het diffusie kanaal: De concentratiegradient in geval (a) waarin er geen
stroming in het hoofdkanaal is, is lager dan in geval (b) waar er een continue
stroming in het hoofdkanaal is. Uit deze curves kunnen we de glucose
diffusiecoefficie¨nt afleiden.
Verder ontwikkelden we een nieuwe techniek, die handig gebruik maakt
van dit (trage) diffusieproces, om het glucosesignaal beter te kunnen op-
meten met de implanteerbare glucosemeter.

























Figuur 7: (a) Microscoop beeld van de optische chip met geı¨ntegreerde
spectrometers. Onderaan worden de gebruikte lichtdetectoren getoond. (b) De
fotostroom per golflengtekanaal is getoond voor een invallend vermogen van 1
mW aan de ingang van een van de geı¨ntegreerde spectrometers.
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Door het besef dat een spectrometer niet alleen als glucosemeter gebruikt
kan worden, maar ook andere molecules meetbaar maakt, hebben we de
spectrometer technologie zo breed mogelijk uitgewerkt (zie figuur 7 en fi-
guur 8). Dit houdt o.a. het ontwerp in van spectrometers die een groot
golflengtebereik hebben. Hoe breder het golflengtebereik, hoe meer unieke
absorptie kenmerken van molecules boven komen drijven. Het resultaat
van dit onderzoek was een optische chip met geı¨ntegreerde spectrome-
ters die werkzaam zijn in het golflengtebereik van van 1510 nm tot 2300
nm. Verder toonden we aan dat deze spectrometers nauwkeurige absorp-
tiemetingen opleveren, ondanks dat we slechts een druppeltje staal nodig
hebben.
Figuur 8: Geı¨ntegreerde spectrometer met uitleeselektronica die ontwikkeld werd
tijdens het IWT-SBO GlucoSens project. De ontwikkelde spectrometer bevat
evanescente sensoren, geı¨ntegreerde fotodetectoren, microfluidische kanalen en
een CMOS elektronica chip die via draadcontactering verbonden is met een
printplaat.
English summary
Diabetes is a serious chronic disease that affects 347 million people world-
wide. Diabetes patients have a too high blood sugar (glucose) level. This
high amount of blood glucose leads to numerous health problems, as it
deteriorates the blood vessels. When the larger blood vessels are affected,
patients are at a larger risk for heart disease, stroke and can have blood
circulation problems in the legs. In addition, when the smaller vessels are
affected, serious eye problems (blindness!) and kidney disease can be ex-
pected. Diabetes clearly affects the life of patients in a detrimental way.
To avoid the aforementioned health complications, patients are advised
to regularly measure their glucose level. When the glucose level is out-
side the healthy range, they should take medication or adjust their insulin
level. The standard glucose meter is a test-strip to which a small droplet of
blood is applied. This test-strip can be mounted into an electronic read-out
device that will display the measured glucose concentration. Of course,
patients will be reluctant to do this multiple times a day, as they have to
prick their finger every time to deliver a small blood drop. Still, keeping a
close eye on the glucose pattern throughout the day, allows to optimize the
diabetes treatment and improves the health condition. Therefore, medical
companies have invested heavily in the development of continuous glu-
cose monitors (CGM) that patients can use for home-monitoring of their
glucose level. Instead of the blood sugar level, the glucose is measured in
the interstitial fluid (ISF). ISF is the fluid in between the cells. This way,
it is not necessary to puncture blood vessels which reduces the risk for in-
fections. By using a small sensor needle that is inserted into the skin, the
glucose in the ISF can be accessed and measured. These CGM devices are
worn onto the body for up to seven days and are set to give an alarm when
the measured glucose level is too high or too low. Unfortunately, this rel-
atively recent CGM technology still has accuracy problems, a short sensor
lifespan and is not affordable for many diabetes patients. Therefore, huge
research efforts are geared towards the development of alternative CGM
devices.
The development of an alternative continuous glucose monitoring device
is also the topic of this doctoral thesis. The measurement principle that







Figure 9: (a) test-strip to measure the blood glucose level (b) commercially
available continuous glucose monitor that measures glucose in the interstitial
fluid through a sensor needle that is inserted under the skin. ((a) adopted from
Bayer R© and (b) from Dexcom R©)
glucose and light (photons). When a photon is incident onto a glucose
molecule, the latter can absorb the photon and convert the energy into a
mechanical motion. This, however, happens only at a specific set of wave-
lengths and not all wavelengths are absorbed as efficiently. This absorption
mechanism translates into a unique absorption spectrum that reflects for
each wavelength by how much the light is attenuated due to absorption
events. To measure an absorption spectrum we use a spectrometer. Ear-
lier research has shown that it is possible to detect very low glucose levels
based on the absorption spectrum of interstitial fluid. An important ad-
vantage of this technique is the prospect of long-term stability as it doesn’t
require chemical reagentia. In addition, when the transmission spectrum
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Figure 10: (a) Integrated optical silicon chip with attached fiber array for optical
read-out (taken from imec) (b) Illustration of the evanescent field of an optical
waveguide mode. The glucose molecules close to the waveguide surface can
absorb the photons in the evanescent field (c) Silicon waveguide routed into a
spiral with small footprint. This spiral is the evanescent sample interface for the
implantable spectrometer.
ENGLISH SUMMARY 37
In contrast to the present CGM devices that can only operate up to 7 days,
we propose a reliable and implantable CGM device that is functional for
at least one year. This, however, implies that we can develop a miniature
implantable spectrometer. The technology that we will use for this minia-
turized spectrometer is photonic integration using the silicon-on-insulator
platform. This technology allows to integrate all optical components (light
sources, detectors, waveguides etc) onto a small silicon chip with the same
tools and processes that are used today to fabricate most of the electronic
chips. This fabrication process opens the road to cheap, but reliable and
high quality optical chips that can be implanted. An example of a silicon
photonics integrated chip is shown in figure 10(a).
There is a wide variety of spectrometer concepts, each with its own ben-
efits and disadvantages. Therefore, we started by selecting the spectrome-
ter concept with the highest potential for the in vivo application. In this
process, we identified a spectrometer with an evanescent sample inter-
face. In this spectrometer configuration, glucose molecules interact with
the evanescent field of an optical waveguide mode. The photons in the
evanescent field propagate just outside the waveguide surface and can be
absorbed by glucose molecules when they are near (< 100nm) to the sur-
face. This is shown in figure 10(b). The evanescent sample interface is a
long waveguide that is routed into a spiral with a total footprint smaller
than 1 mm2 (see figure 10(c)).
By applying a droplet of an aqueous glucose solution on top of this spiral,
we mimic the in vivo situation. The main difference between this in vitro
and the in vivo situation is the reduced complexity of the aqueous glucose
solution, with respect to the composition of interstitial fluid.
The measurement of glucose using the absorption spectrum of ISF poses
one main challenge. The physiological glucose concentration is very small
compared to the water content of ISF. For every glucose molecule there
are about 10000 water molecules. Because all these water molecules also
absorb in the same wavelength range as glucose, it becomes difficult to
differentiate the glucose signal from the water absorption. Yet the glucose
signal can be retrieved, as long as the absorption spectrum is measured
with an accuracy of 0.01% (thus, correct up to four digits).
A large part of the research efforts were, thus, geared towards setting up a
measurement configuration with extremely good stability. Once this was








Figure 11: Opto-fluidic chip for glucose absorption spectroscopy. This optofluidic
chip comprises an silicon-on-insulator optical chip with evanescent sensors and a
silicone-based microfluidics chip. The latter contains a signal and reference
channels which are indicated by the black lines. The signal channel is the shortest
channel and is immersed with different glucose solutions.
The glucose measurements were performed with an opto-fluidic chip. This
is the combination of an optical silicon chip comprising the glucose sensor
with a microfluidic chip made out of PDMS. The microfluidic chip has little
flow channels that can be filled with various glucose solutions. A picture
of this opto-fluidic chip is shown in figure 11.
By applying pure water alternated with different glucose solutions and by
acquiring the corresponding absorption spectrum, we could determine the
accuracy of our glucose sensor. The result of this measurement is given in
figure 12(a,b).
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Figure 12: (a) Measured glucose absorption spectra together with the theoretically
expected curves. The latter are obtained by using a linear regression model that
assigns a glucose concentration for each measured spectrum. Based on these
glucose concentrations, the theoretically expected curves (grey) are calculated. (b)
Graphical representation of the linear regression model that shows the extracted
glucose concentration compared to the glucose concentration that is applied to the
opto-fluidic chip.
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We achieved an error-of-fitting of 1.14 mM and 95% confidence interval of
0.86 ± 0.86 mM, which is on par with the requirements for a continuous
glucose monitoring device. As this result only holds for simple aqueous
glucose solutions, we also tried to measure glucose in human serum. These
serum samples are more representative for the complexity of bodily fluids.
From these serum measurements, we could conclude that the high salt con-
tent in serum is problematic. Although the exact cause was not identified,
we found that the glucose detection accuracy drops significantly and the
sensor becomes unstable due to salt.
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Figure 13: Design of the opto-fluidic chip that was used to study the diffusion
process of small molecules in microfluidic channels. A primary channel has a
branch, the so-called diffusion channel, in which glucose can diffuse. The
diffusion channel comprises four sets of three ring resonators that measure locally
the time-varying glucose concentration. These concentration curves are used to
accurately derive the glucose concentration coefficient.
The evanescent sensing principle only works when the glucose molecules
are close to the surface of the silicon waveguide. Glucose molecules can
only reach this sensor surface through the process of diffusion. In this
work, we developed a new opto-fluidic chip that allows to study the diffu-
sion process of small molecules with high accuracy. By measuring the evo-
lution in both time and space of the glucose concentration in a microfluidic
channel, we can determine the diffusion speed. The design of this opto-
fluidic chip, together with some important measurements are shown in
figure 13 and 14.
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Figure 14: Influence of flow in the main channel on the glucose mass transport in
the diffusion channel: The concentration gradient in case (a) when there is no flow
in the main channel is larger than in case (b) when there is a continuous flow in
the main channel. From these curves we accurately derive the glucose diffusion
coefficient.
In addition, we show that we can use the (slow) diffusion process of glu-
cose to more accurately measure the glucose signal in an implantable glu-
cose sensor.
(a) (b)















Figure 15: (a) Microscope image of the fabricated optical chip with integrated
spectrometers. The used GaSb photodiodes are highlighted. (b) photocurrent for
all wavelength channels for an input power of 1 mW at the entrance of one of the
integrated spectrometers
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Given that a spectrometer can as well be used to detect other bio-molecules
apart from glucose, we targeted a generic spectrometer platform for a wide
application range (see figure 15 and figure 16). This includes the develop-
ment of spectrometers operating over a wide wavelength range. When the
wavelength range is increased, we can access more molecule-specific ab-
sorption features which improves the detection limit. We succeeded in the
design and fabrication of an optical silicon chip with integrated spectrom-
eters that are operational from 1510 nm up to 2300 nm. In addition, we
demonstrated that these integrated spectrometers can be used for sensitive
absorption analysis of only a small sample droplet.
Figure 16: Integrated spectrometer with electronic read-out that was developed
during the SBO-IWT GlucoSens project. The developed spectrometer comprises
evanescent spiral sensors, integrated photodiodes, microfluidics and a CMOS
electronics chip that is wire-bonded to a printed circuit board (PCB).
1
Introduction
1.1 Continuous Glucose Monitoring
Diabetes is a serious chronic disease that affects 347 million people world-
wide. Typical symptoms of diabetes include frequent urination, strong
thirstiness, blurry vision, extreme fatigue and so on. Patients with diabetes
have a too high blood sugar level. This causes a myriad of health problems
such as kidney disease, eye problems (glaucoma, cataract etc), nerve dam-
age, high risk for heart disease and stroke. The high blood glucose level
can be caused by a malfunction of the pancreas to produce enough insulin
(type 1 diabetes) or when the body is insulin-resistant (type 2). Without in-
sulin, cells do not take up glucose from the blood, leading to the increased
blood glucose level.
Major clinical trials have demonstrated that tight control of the blood glu-
cose level reduces the health complications and reduces the overall cost
of treatment [1, 2, 3]. Continuous glucose monitoring (CGM) is crucial
for this glycemic control. CGM is the regular measurement of the glucose
concentration in either blood or the interstitial fluid (ISF), the fluid in be-
tween cells. These measurements can give insight in the patient-specific
glucose pattern throughout the day. In addition, by providing trend in-
formation, CGM can predict the onset of unwanted periods with very low
(hypo-glycemia) or very high (hyper-glycemia) blood glucose levels. This







Figure 1.1: Illustration of a commercially available CGM device (adapted from
Dexcom R©)
Current status of CGM devices
Given the huge number of diabetes patients worldwide, the development
of CGM devices attracts a lot of attention by research labs and medical
companies. A CGM device typically consists of a sensor, a transmitter and
a receiver that stores and/or displays the glucose measurements. When
the patient nears a set upper or lower glucose level, a safety alarm signal is
given by the CGM device. An example CGM device is shown in figure 1.1.
Currently, only three companies (Dexcom, Abbott and Medtronic) market
a CGM device for home monitoring. In all these CGM devices, a needle
is used to insert the glucose sensor subcutaneously (under the skin). The
actual glucose sensor is a thin, flexible wire that detects glucose in the in-
terstitial fluid instead of in blood. The operation of the sensor is based on
an electro-chemical reaction with the enzyme glucose-oxidase[4]. These
CGM devices are termed minimally invasive as only the skin but no blood
vessels are punctured.
Although CGM improves the diabetes treatment, there is a limited uptake
of the continuous glucose monitors by diabetes patients. This is attributed
to a few key disadvantages of the present CGM devices:
• The CGM system doesn’t replace the traditional blood glucose meter
based on test-strip technology. The suppliers clearly state that the
continuous sensors readings may not be used for direct treatment
decisions[5]. Moreover, the CGM system needs a calibration with a
blood glucose meter every 12 hours, as it cannot provide absolute
glucose readings.
• The limited sensor accuracy (average difference of 10-20% with blood
glucose reference sensors), leads to false alarms and distrust in the
CGM system[6, 7].
• The sensor lifespan is limited to 3 to 7 days. This is attributed to the
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complex in vivo setting with biofouling, foreign body response and
enzyme degradation. These effects render the sensor insensitive over
time[8, 9, 10].
• The present cost of a CGM system is a major disadvantage. The price
per person-year is 2.5 times higher compared to test-strip technology
[11].
Moreover, there are additional problems, although patient-specific, with
respect to the size of the CGM system, the pain and or irritation with the
sensor insertion needle, discomfort and or reliability issues during physical
activity etc.
Proposed solutions for future CGM devices
Many companies and research labs are developing new strategies to over-
come the current limitations of continuous glucose monitoring devices.
In the review paper [10], existing but non-commercial CGM technologies
are compared with respect to their detection mechanism, invasiveness and
prospects for future diabetes management. These sensor technologies can
be classified as shown in figure 1.2. It is clear that a wide variety of trans-
ducer mechanisms can be used to measure glucose. Although it is im-
possible to argue which of these technologies will be the most successful,
general risks for each of them can be stated.
Electrochemical sensors are very sensitive and glucose-specific, but the
need for chemical reagents is a large risk for long-term operation. A similar
argument holds for fluorescence based methods, but now the background
fluorescence of interfering molecules adds to the complexity of a reliable
glucose sensor. The methods listed as ’combinatorial’ in figure 1.2 have
problems with good specificity for glucose, unless chemical reagents are
used. The direct optical methods offer the best prospects for long-term sta-
bility of the sensor. On the other hand, demonstration of high sensitivity
and specificity becomes a greater challenge for these sensors. Next to the
effectiveness of the transducer mechanism and long-term operation, the
prospect for future miniaturization plays a key role. A smaller sensor will
lead to better acceptance by the body and maximizes the patients’ comfort.
4 CHAPTER 1
Figure 1.2: Overview of transducer mechanisms to detect physiological glucose
levels (taken from [10])
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1.2 Glucose detection using near-infrared absorp-
tion spectroscopy
sampleSource power
λ1 λn λ1 λn
Transmitted power
Figure 1.3: Principle of absorption spectroscopy
One promising direct optical detection method is near-infrared (NIR) ab-
sorption spectroscopy (see figure 1.3). In this method, a NIR light source
illuminates a sample containing glucose and the transmission of the light
is spectrally analyzed. When glucose is present, the transmission spectrum
shows dips at specific wavelengths. These dips occur because the glucose
molecules have absorbed photons with these wavelengths and converted
the photon energy into mechanical motion. This technique doesn’t require
chemical reagents and obtains glucose specificity through its unique ab-
sorption spectrum. Moreover, it offers the prospects of long-term opera-
tion and the simultaneous detection of other bio-molecules.
Using this technique, reliable and specific glucose measurements are possi-
ble in vitro in both serum[12], whole blood[13, 14, 15, 16] and ISF solutions[17,
18, 19]. Driven by this success, researchers tried to measure glucose in
vivo by measuring the spectrum of NIR light reflected of the human skin
[20, 21, 22]. It was found that glucose could still be measured, but with
a smaller accuracy due to the skin barrier that induces strong light scat-
tering and unwanted variations in the optical signal[23, 24]. In addition,
the location and contact pressure of the sensor onto the skin impacted the
measurement results[25, 26]
It became a research question whether these problems could be solved
by measuring inside the body, rather than from outside. This, however,
requires an implantable sensor comprising a miniature absorption spec-
trometer. In addition, the implant should contain the electronic transmit-
ter to send and receive data from outside. Luckily, the miniaturization
of the transmitter is a more generic problem that has been successfully
solved before [27, 28]. Nonetheless, only a few technologies can be used
to realize a spectrometer that is small enough to be implanted. Integrated
photonics (optics) is one of them. Similar to integrated electronics, the in-
credible small size of the individual components and reliable, self-aligned
fabrication process, opens the road to complex optical functionalities on a
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single semi-conductor chip. This means that using integrated optics, the
complete miniature spectrometer can be integrated onto a thin, flat piece
of semi-conductor material, small enough for implantation. In this work,
we investigated if a miniature spectrometer integrated onto a silicon chip
is suitable for an implantable continuous glucose monitoring device that
measures glucose in the interstitial fluid.




















Figure 1.4: Silicon Photonics technology: (a) SOI wafer (b) SOI waveguide (c)
co-integration with CMOS electronics ( (a) adapted from website imec and (c)
from IBM R©)
The semi-conductor silicon is widely adopted as the standard base mate-
rial for electronic integrated circuits (IC). This material can also be used
for integrated photonics and this technology is commonly referred to as
silicon photonics. The silicon photonics platform allows to fabricate pho-
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tonic integrated circuits (PIC) with the same excellent tools and materials
that the electronics industry has developed over the course of fifty years.
Due to this high yield mass-fabrication process, the price per silicon chip
is minimal.
In silicon photonics, the silicon-on-insulator (SOI) material system is used,
in which the light-guiding layer consists of a thin layer of silicon that lies
on top of a thick layer of silica. This material system is transparent for a
wide wavelength range from 1.1 to 3.5 µm. The basic optical component
is an optical waveguide that guides light based on the principle of total in-
ternal reflection (TIR). Due to the high (refractive) index contrast between
silicon and silica, the TIR principle still holds for waveguides with sub-
micron dimensions. This ensures that we can dramatically reduce the PIC
footprint compared to other integrated photonics technologies that use a
different base material system. Moreover, given the similar fabrication pro-
cess of both the photonics and electronics circuits, it is possible to fabricate
them together on a single silicon chip. This high level of integration has
been demonstrated by e.g. the company IBM (see figure 1.4). This offers
prospects for the co-integration of the transmitter of the glucose sensor
with the miniature spectrometer. The benefits of a low cost, reliable, small
optical chip with co-integrated electronics, make the silicon photonics plat-
















glucose flux SOI chip (PART 2)
free space sensor evanescent sensor
Figure 1.5: Cross-section of an implantable free space sensor and evanescent
sensor
For the glucose monitoring application, the miniature absorption spec-
trometer can exist in two distinct optical configurations. The first is called
the ’free-space’ configuration and the second is the ’evanescent’ configura-
tion. Both are shown in figure 1.5. In a free-space sensor, the NIR light is
coupled out of the silicon chip into a slab of tissue with glucose molecules
and captured back into the chip for spectral analysis. In the evanescent sen-
sor, the light never leaves the photonic chip. The interaction between the
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light and the glucose molecules happens through the evanescent field of a
waveguide mode. This evanescent field is the fraction of the optical mode
that extends out of the waveguide core. Due to the typical waveguide di-
mensions and the high index contrast of the silicon photonics platform,
the evanescent field of the waveguide mode is very sensitive to changes
that take place close (< 100 nm) to the waveguide’s surface. If a glu-
cose molecule is present close to the waveguide’s surface, it will absorb
the evanescent field photons of specific wavelengths.
1.3.3 Challenges
In order to demonstrate a miniature spectrometer for continuous glucose
monitoring on a silicon chip, we face a number of challenges. These chal-
lenges can be divided into three main categories. The first type of chal-
lenges is related to the sensing principle itself. Can we measure glucose
accurately enough in vivo? The main difficulty is the dominant NIR ab-
sorption due to water molecules, which make up the largest part of the
interstitial fluid (ISF). If we compare the pure water concentration at 37◦C
(55138 mM [29]), with the typical glucose concentration (5.5 mM), we im-
mediately understand that, although glucose has 10 times more absorbing
bonds, the contribution of the glucose molecules to the ISF transmission
spectrum is minimal. Thus, a very sensitive spectrometer is needed to ex-
tract the glucose signal from a large background. In addition, ISF is a com-
plex fluid with a varying content of other absorbing bio-molecules such as
proteins. These interferents also contribute to the ISF transmission spec-
trum. Therefore, careful data analysis is needed to separate the contribu-
tion from glucose and these interferents.
The second type of challenges relate to the integration of a spectrometer
onto a silicon chip. While the silicon photonics platform offers many bene-
fits, the indirect band gap of silicon makes the material unfit for light gen-
eration and detection beyond 1.1 µm. This means that additional materials
have to be integrated on top of the silicon chip to serve as a light source
and detector for the miniature spectrometer. Given the stringent sensitiv-
ity requirements of the spectrometer, these sources and detectors need to
be of high quality. In addition, they have to be processed in a cheap and
reliable way to serve in an implant for CGM.
A final category of challenges originates from the interaction of the minia-
ture sensor with the human body. As for all implants, special care needs
to be taken to guarantee the glucose supply to our sensor. If our sensor
induces an inflammatory response, it will quickly be encapsulated with a
dense tissue type that limits the glucose entry. In addition, as we measure
glucose in the ISF instead of blood, a delay in glucose level can be expected
between both. As the blood glucose concentration is used for therapeutic
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decisions, this delay can be perceived as sensor inaccuracy. Care should
thus be taken to optimize the sensor design such that the delay is mini-
mized.
1.4 Thesis objectives
The overall goal of this work was to develop a spectroscopic sensor that
can detect changes in the physiological concentrations of glucose and that
can be fabricated using Silicon photonics technology. This research goal
was strongly linked to the IWT-SBO GlucoSens project in which the dif-
ferent building blocks for an implantable continuous glucose monitoring
device were developed. More about this project can be found in the ap-
pendix A.
Three main objectives are targeted:
• Extension of the operating wavelength range of SOI spectrometers to
cover the first overtone band (1500-1850 nm) and combination band
(2000-2500 nm).
• Development of a glucose sensor with an operating range from 3-20
mM and accuracy of 1 mM.
• Realization of a spectroscopic sensor configuration suitable for im-
plantation.
The first objective consists of two parts. Firstly, we target the development
of passive spectrometer components for longer wavelengths than typically
addressed with Si photonics technology (1450-1600 nm). Secondly, the
combination of passive with active spectrometer components is covered in
this work to investigate the potential of this technology for spectroscopic
applications. The development and fabrication of active spectrometer com-
ponents itself (source, detectors) was the research subject of Dr. Nannicha
Hattasan. The second objective targets the accurate measurement of small
changes in the physiological glucose concentrations which are relevant for
diabetes patients. The last objective comprises the analysis of the impact of
the dynamic in vivo setting on the spectroscopic sensor design. This trans-
lates into the need for a power budget analysis, a solution for potential
sensor delay due to slow diffusion of glucose to the sensor and a solution
for an in vivo reference arm to reduce the impact of physiological variations
in temperature and interfering bio-molecules.
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1.5 Thesis outline
This doctoral thesis is outlined as follows: We start in chapter 2 with an in-
troduction to absorption spectroscopy and explain the challenges involved
for the spectral detection of glucose. In chapter 3 we discuss the possible
spectroscopic sensor configurations, given the constraints of an in vivo im-
plant with a special focus on the power budget. Given that an evanescent
spectroscopic sensor was pursued, we introduce the theory of evanescent
sensing in chapter 4. This is followed by chapter 5 with a description of the
spectrometers that are developed in this work. In addition, chapter 5 con-
tains the results of our non-glucose related detection experiments, showing
the general potential of the miniature spectrometers for sensing applica-
tions. The glucose absorption spectroscopy experiments are divided over
the two next chapters 6 and 7. In chapter 6, the focus is on the experimental
configuration that allowed reliable glucose detection. We then proceed to
chapter 7, that focuses on the transfer of this configuration to the in vivo sit-
uation. Finally, in chapter 8 we discuss a newly developed measurement
technique to study glucose diffusion. Finally, we conclude this work in
chapter 9.
1.6 Own Contributions
The work listed in this doctoral thesis covers the research that was con-
ducted over a period of 4,5 year, during which the author was part of the
Photonics Research Group (PRG) and the GlucoSens project consortium.
This means that this work strongly depended on the research knowledge,
infrastructure and discussions with members of both teams. In terms of
software infrastructure, the author used the available ipkiss and pymea-
sure framework developed by the PRG for all optical and microfluidic
designs and measurement scripts. This framework is based on the open
source programming language Python. This way, the author could easily
implement custom functions and scripts for this research.
In what follows, for each chapter is listed what was specifically done by
other people and how the author contributed.
The content of the introductory chapter 2, combines information both from
literature and results from the GlucoSens project. The latter include a short
summary of the research results on multivariate calibration from the Glu-
coSens partner Mebios (section 2.4). Discussions with them shaped the
classification of the listed bio-molecules (e.g. proteins) as interferents and
listed temperature as an important parameter. The absorptivity spectrum
of the various bio-molecules, used to discuss SNR requirements, was mea-
sured by Mebios. The other listed GlucoSens results are deduced by the
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author.
In chapter 3, the free-space and evanescent sensor configurations are dis-
cussed in terms of their in vivo potential. The free-space configurations
were in the original GlucoSens proposal, while the modified free-space
(with membrane) and the evanescent configuration are first proposed in
this work after valuable input from prof. Joris Delanghe. The exploration
of these new configurations was done by the author. All the listed work
on the biocompatible materials PMMA, PDMS and membrane integration
was done by the GlucoSens partners except for the optical transparency
measurements of these PMMA, PDMS materials and the agarose hydrogel
samples.
Chapter 4 gives a theoretical and practical overview of evanescent sensing
using SOI waveguides. The given theoretical derivation is based on a lit-
erature study. All listed simulations and measurements are performed by
the author.
In chapter 5, planar concave grating (PCG) based spectrometers are dis-
cussed. The simulation and design framework for PCGs was developed
by former PhD student Joost Brouckaert. The author used his simulation
code and adapted the ipkiss design code to develop PCG’s in the combi-
nation band. The development of other passive photonic components for
the combination band was a joint effort of the mid-IR team of the PRG.
The largest contribution of the author to this effort, was the development
of three different grating coupler designs that can be fabricated in a stan-
dard passives process. These designs were the result of many discussions
with former PhD student Diedrik Vermeulen. All simulations and pas-
sive characterizations listed in this chapter are done by the author, except
for the advanced passive grating coupler results and wire waveguide loss
measurements. The photodiode design and fabrication was done by PRG
members Alban Gassenq, Nannicha Hattasan (both GaSb-based photodi-
odes) and Steven Verstuyft (InP-based photodiodes). The contact mask
design, development of the measurement set-up and electro-optical char-
acterization of the photodiodes were done by the author. The TIA design
of the probe-card that was used to measure multiple photodiodes in paral-
lel was done by Jeroen Allaert. The read-out of the probe-card required the
incorporation of a data acquisition card in the pymeasure framework. This
was programmed by PRG member Michael Vanslembrouck. All measure-
ments with the probe-card and subsequent data analysis are performed by
the author. The development of GlucoSens demo 4, the combination of an
optical chip with microfluidics and integrated photodiodes with electron-
ics, was a joint GlucoSens effort. The author designed the passive optical
chip and microfluidics, performed the electro-optical characterization and
fabricated the microfluidics.
In chapter 6, the fully automated glucose measurement set-up and detec-
tion results is discussed. All fabrication steps, measurements and data
analysis are performed by the author. The author achieved remote con-
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trol of the temperature controller, microfluidics pump and valve, thanks
to efforts of both Ronny Bockstaele and Michael Vanslembrouck. Ronny
Bockstaele also introduced the concept of the virtual water elimination.
The algorithm and implementation of the virtual water procedure in soft-
ware for data analysis, was developed by the author.
In chapter 7, a dual-beam sensor configuration with suitable reference arm
for in vivo glucose detection is introduced. The theoretical work described
in this chapter was the result of intensive discussions with PRG prof. Roel
Baets. All fabrication steps, measurements and data analysis are performed
by the author.
Finally, chapter 8 reports on a new method to measure the diffusion of
small molecules using an opto-fluidic chip. The measurement concept was
first explored experimentally by Agnes Lee, a master thesis student of prof.
Roel Baets and the author. The author performed additional experiments
with an improved microfluidics design and implemented the data analysis
procedure to extract the diffusion coefficient. This data analysis procedure
was the result of intensive discussions with prof. Jan Vierendeels from the
department of Flow, Heat and Combustion Mechanics at Ghent Univer-
sity. He also performed 3D simulations of the complete opto-fluidic chip
that were essential to gain insight in the experimental results. The used
optical chip was originally designed by former PhD student Katrien De
Vos for another application. The complete measurement set-up and data
acquisition was previously developed by the bio-sensing team of the PRG
and optimized by PhD student Sam Werquin.
1.7 Publications
The results obtained within this work have been published in various pa-
pers and presented at various conferences. This paragraph gives an overview
of the publications. They can also be found in the publication section of the
photonics research group website: http://photonics.intec.ugent.
be/publications.
These publications may be downloaded for personal use only. For any
other use, the permission of the copyright owner (usually the publisher of
the journal) must be obtained.
The following papers have been published in international peer reviewed
journals or are submitted/accepted for publication:
1. E.M.P. Ryckeboer, R. Bockstaele, M. Vanslembrouck, R. Baets,
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(2013)
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2
Spectroscopic detection of glucose
Glucose plays a vital role in a variety of biological processes. Therefore,
we are not the first ones to measure glucose and definitely not the last. An
enormous number of sensor technologies have been developed to measure
glucose in both solutions, gases and fixed matter. Some researchers even
succeeded in distinguishing glucose from other carbohydrates contained
in a single protein, or detected glycolaldehyde, the base sugar that makes
up glucose, in a cloud of gas and dust near the center of our own milky way
galaxy. It is thus important to realize that a glucose sensor always operates
given the constraints as determined individually for every application. In
this work, we focus on the in vivo detection of glucose in interstitial fluid.
Therefore, we can state that we detect glucose in an aqueous liquid with
a possible glucose concentration range from 3 to 20 mM. Whereas this in
vivo glucose concentration range can be detected in numerous ways, we fo-
cus in this chapter on optical sensors whose response to glucose depends
on the wavelength of the light used. The underlying reasoning is that the
interaction of radiation with molecules strictly depends on the energy lev-
els that are present in the molecule. As the energy level distribution of
molecules can serve as a fingerprint, it makes selective molecule identifi-
cation possible.
2.1 Molecular absorption spectroscopy
When a photon is incident on a molecule it can either be scattered, ab-
sorbed or transmitted. In this section, we explain how a photon can be
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absorbed by a molecule and how this depends on the energy level distri-
bution within the molecule. Next, we introduce the important regions in
the electromagnetic spectrum where absorption features can be found. We
then show how to relate the molecular concentration to the transmission
spectrum of an absorbing sample. Lastly, we briefly discuss Raman spec-
troscopy, a spectroscopic technique that exploits scattering events rather




















bond length r (interatomic distance)
(second excited state)(first excited state)
Figure 2.1: Vibrational energy level distribution based on the (an)harmonic
oscillator model
An important result from the theory of quantum mechanics is that molec-
ular energy is quantized. A molecule can only exist in a set of quantum
states that have a specific associated amount of energy. The quantum state
of a molecule depends on the rotational, vibrational and electronic modes it
is currently in. For each molecule, a non-continuous set of rotational, vibra-
tional and electronic modes exists. Every mode has a unique energy level
associated to it. For most molecules, the energy spacing between two elec-
tronic levels is larger than the spacing between vibrational levels, which is
larger than the spacing between rotational levels. A simple example of a
vibrational mode of a carbon monoxide (CO) molecule is shown in fig 2.1.
This oscillation can be described with a classic harmonic oscillator model
in which the atoms are replaced by masses, separated by a spring with a
certain stiffness.
It is possible for a molecule to change between two modes, whether they
are rotational, vibrational or electronic modes. But, this requires a certain
amount of energy. Because a photon with frequency ν is a small packet
of energy E = hν, it can provide the right amount of energy that is re-
quired to make this transition between two modes. This feature creates
the wavelength-dependence in absorption spectra of molecules. We can
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conclude that the absorption features are narrow lines that represent the
energy level distribution of the molecule under test. These lines can, how-
ever, be broadened under different circumstances such as high pressure or
neighbouring molecules. This effect is called linewidth broadening. When
we study glucose in interstitial fluid, the disorder inherent to fluids leads
to numerous different solvent environments for glucose molecules. Each
glucose molecule will, therefore, feel a different environment and this in-
fluences its absorption spectrum slightly. The observed absorption spec-
trum is the combination of all these slightly different absorption spectra
and hence features broader absorption bands instead of individual lines.
2.1.2 Electromagnetic spectrum










Figure 2.2: The electromagnetic spectrum
The electromagnetic spectrum is the set of all wavelengths that electro-
magnetic waves can have. It is typically subdivided in different regions
as shown in fig 2.2. For molecular absorption spectroscopy, three regions
are of importance. Firstly, the microwave region (0.3 mm - 10 cm) which
corresponds to energies of rotational transitions in molecules. Secondly,
infrared (IR) light (0.78 µm - 300 µm), which features the vibrational tran-
sitions and thirdly, the visible and ultra-violet (10 nm-780 nm) part of the
electromagnetic spectrum, where the electronic transitions can be found.
Two parts of the infrared light are of special importance: the near-infrared
(NIR) (0.78-3 µm) and the mid-infrared (mid-IR) (3-30µm). The latter is the
traditional region to probe fundamental molecular vibrations. Fundamen-
tal transitions take place between the ground level and first excited state of
a vibrational mode. These fundamental transitions have the highest prob-
ability to occur, making them a good candidate for molecular detection. In
figure 2.3, the location of fundamental transitions for absorbing molecules
in the mid-IR is shown. There is, however, an incompatibility between
mid-IR spectroscopy and our silicon-on-insulator technology. The silica
layer of the photonic chip starts to heavily absorb wavelengths above 4 µm
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Figure 2.3: Absorbing molecules in the mid-IR. Taken from (daylightsolutions).
[1]. Therefore, we focus on the near-infrared which probes overtone vibra-
tions. Overtone vibrations are transitions between the ground level and
the second or higher excited states of a vibrational mode. These transitions
are possible because the harmonic oscillator approximation doesn’t strictly
hold and anharmonic terms are present in the expression of the vibrational
energy levels. Overtone transitions have, however, a lower probability to
occur which results in a weaker signature of molecules in the NIR. The ab-
sorption strength typically decreases, compared to the fundamental tran-
sitions, by a factor of 10 to 20 for transitions between the ground level and
each consecutive excited state level. Next to overtone transitions, so-called
combination vibrational transitions are also possible in the NIR. These are
observed when two or more fundamental vibrations are excited simultane-
ously. The absorption strength of combination transitions are also weaker
compared to the fundamental transitions found in the mid-IR.
2.1.3 Beer-Lambert
Now we know that molecules can absorb light of specific wavelengths, we
need to quantify how much the transmission of photons is altered by the
presence of absorbing molecules. The law of Beer-Lambert is a straightfor-
ward expression that relates the decay in intensity I of light to the number
of absorbing molecules it passes. It can be written as:
I = I010
−cL (2.1)
in which I0 is the incident light intensity,  is the molecular absorptivity ex-
pressed in mM−1mm−1, c is the molecule concentration (mM) and L is the
path length (mm) the light has traveled. The transmission spectrum can be
acquired as T = II0 . The shape of the transmission spectrum is determined
by the wavelength dependency of the molecular absorptivity. The molecu-
lar absorptivity is, therefore, the true molecular fingerprint and determines
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the shape of the transmission spectrum. In absorption spectroscopy, typi-
cally the sample absorbance A is reported instead of the measured trans-
mission T. By definition, both are related as follows:
T = 10−cL = 10−A (2.2)
The transmission through a sample can also be expressed in terms of the
sample absorption coefficient α (also known as sample loss) as in:
T = e−αL (2.3)
We can thus easily relate the sample loss α to the molecular absorptivity 
and concentration c as:
α = ln(10)c (2.4)
In figure 2.4 the absorption coefficient α [µm−1] is shown for glucose and
water over a wide wavelength range. As discussed in section 2.1.2, the ab-
sorption coefficient is larger at the longer wavelengths. From this figure we
can derive that the wavelength region around 9µm is interesting, because
there are strong and sharp glucose features compared to a weaker and rel-
atively flat water absorption curve. Unfortunately this region cannot be
accessed with our technology platform.
2.1.4 Raman Spectroscopy
Next to absorption events in which a photon is absorbed by a molecule, it
is also possible for a photon to be scattered. This scattering can either be
elastic (no change in wavelength after scattering) or inelastic. In the lat-
ter case, the photon can either gain or loose energy upon interaction with
the molecule. As the exchanged energy is quantized according to the en-
ergy levels of the molecule, the shift in wavelength of the scattered photon
(Raman shift) can be used to identify molecules. This inelastic scattering
is exploited in the field of Raman spectroscopy (as opposed to absorption
spectroscopy). One of the advantages of Raman spectroscopy is that the
spectrum of Raman shifts features many sharp lines, which enables good
molecular identification.
For most molecules, including glucose, the probability that a photon is
inelastically scattered is much lower than that it is absorbed (typically 6
orders of magnitude lower!). Therefore, using Raman spectroscopy, care
must be taken to boost the signal from the inelastically scattered photons.
The intensity of the Raman scattered light scales with λ−4, λ the wave-
length of the light incident on the molecule. It is thus key to work with
shorter wavelengths. Typically, in a Raman spectroscopy set-up one probes
a biological sample with a laser diode emitting at λ=785 nm. This wave-
length enables a relatively strong Raman signal, while limiting the back-
ground fluorescence of the biological sample under test [6]. This back-
ground fluorescence is problematic as it can overpower the Raman signal.
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Figure 2.4: Absorption coefficient of water and glucose over a wide wavelength
range. This graph is based on data from [2, 3, 4, 5]
The silicon-on-insulator material platform is no longer transparent for the
shorter wavelengths (< 1.1 µm), hence a different material platform should
be used to develop an implantable Raman spectrometer (such as Silicon Ni-
tride Si3N4). In [7] a good overview of the current developments for in vivo
Raman spectroscopy for the detection of glucose is given.
Despite various known enhancement techniques for Raman spectroscopy,
the very low probability for inelastic scattering to occur in comparison
with absorption events, gives this method an inherent disadvantage in
terms of required source power. This leads to a strong disadvantage of
Raman spectroscopy for the detection of glucose in an implantable device,
as low power consumption is key. We, therefore, consider absorption spec-
troscopy a more promising detection principle for the development of an
implantable glucose sensor.
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2.2 Instrumentation
In this section we describe the typical instrumentation that is used for vi-
brational absorption spectroscopy. Two distinct types of spectrometers are
widely used: dispersive spectrometers and fourier transform interferom-
eters. The first type requires a dispersive element, whereas the latter in-
corporates an interferometer. Next to spectrometers, lasers also commonly






Figure 2.5: Basic implementation of a pre-dispersive spectrometer
A spectrometer needs to measure the transmission of electromagnetic ra-
diation of different wavelengths after passing through a sample. To sep-
arate the different wavelengths, a dispersive element is used, hence the
name. The dispersive element can separate the wavelengths in time or
in space. The former case requires a fast photo-detector and is less often
used. A dispersive spectrometer can be pre- or post-dispersive, depend-
ing on whether the wavelength demultiplexing happens before or after the
sample. The most basic implementation of a dispersive spectrometer com-
prises a broadband source, a prism, a slit (or diaphragm) and a detector
as shown in figure 2.5. In modern dispersive spectrometers, the disper-
sive element is a diffraction grating. The resolving power R of a grating
is a measure for its ability to separate two closely spaced wavelengths λ
and λ + ∆λ. It is determined by the diffraction order m and the number
of grooves N that are illuminated: R = λ∆λ = Nm (see figure 2.6). When
two closely spaced absorption peaks need to be distinguished, resolution
comes into play. The spectrometer resolution is not only defined by the
resolving power of the grating, but also depends on the system configu-
ration. We can divide the grating-based configurations in two main cat-
egories depending on whether a single photodetector or a photodetector
array is used. In the former case, the resolution is strongly affected by the
slit size. The slit size can affect the amount of illuminated grating grooves
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Figure 2.6: Schematic of a diffraction grating showing the first diffraction orders
m=0,±1
and/or select the range of wavelengths that can reach the photodetector by
blocking wavelengths that are already angularly dispersed by the grating.
If the slit size is smaller, a higher resolution can be obtained. However, a
smaller slit size also lowers the signal throughput. The latter influences
the attainable signal-to-noise ratio (SNR). This trade-off between resolu-
tion and SNR is inherent for most dispersive spectrometers designs. When
a photodetector array is used, the mimimal spacing between the different
photodetectors limits the resolution. Although limited in resolution, de-
signs with a photodetector array have a faster acquisition time and are con-
sidered more robust because no moving parts (such as a rotating grating)
are present. The limiting resolution of commercially available dispersive
spectrometers in the near-infrared varies typically between 0.2-3 nm.
2.2.2 Fourier transform infrared spectrometer
In a fourier transform infrared spectrometer, light from a broadband source
first enters an interferometer to generate an interferogram. This interfero-
gram is transmitted through the sample and acquired with a detector(see
figure 2.7). After the acquisition of the interferogram, it can be converted
into an absorption spectrum by means of the fourier transform. The ampli-
tude accuracy of the measured absorption spectrum strongly depends on












Figure 2.7: Basic implementation of a fourier transform infrared spectrometer
the linearity and (especially) the dynamic range of the photodetector that
acquires the interferogram. The resolution of an FTIR is inversely propor-
tional to the maximum optical path length difference, hence movement of
the mirror. This way, high resolution is possible without limiting the sig-
nal throughput. Nowadays, commercial instruments can offer a spectral
resolution of 0.07 cm−1 (≈ 0.03 nm at 2µm)[8]. A HeNe laser (633 nm) is
used to monitor the moving mirror closely and serves as an internal cali-
bration element. The nyquist theorem states that a sinusoid can be restored
if it has been sampled at a frequency at least twice as high as its own fre-
quency. The measured interferogram is sampled by the zero’s in the refer-
ence interferogram of the HeNe laser, therefore the lowest wavelength that
theoretically can be measured with an FTIR is about 2 times 633 nm. In
practice, FTIR instruments and dispersive spectrometers are used side by
side, with dispersive spectrometers dominating the UV-VIS spectroscopy
market and FTIR instruments focusing on mid-IR applications.
2.2.3 Laser spectroscopy
The final type of spectroscopic instrumentation that we will briefly discuss
is a laser-based spectrometer. In this case, light from a laser is transmit-
ted through the sample and is directly incident on a detector as shown in
figure 2.8(a). The laser emits monochromatic radiation, but the emitted
wavelength can be tuned slightly. Due to the narrow emission line width
of a laser, very fine features in the absorption spectrum can be sampled
and resolved. This high-resolution method is mostly used for atoms and
molecules in the gas phase as the absorption spectrum then comprises a
set of very narrow lines as shown in figure 2.9(b). Although lasers offer
high input power which can lead to high signal-to-noise measurements,
the diluted nature of gases also requires a long (> 1 m) interaction length










λ molecule in gas phase
(a)
(b)
Figure 2.8: Basic implementation of (a) a direct laser based and (b) a cavity
enhanced laser based spectroscopy set-up
cell is constructed as a cavity (see 2.8(b)), such that the light can interact
with more molecules while bouncing back and forth in the cavity. This
method is called cavity enhanced detection (see also section 4.4).
2.3 Absorption spectroscopy of glucose solutions
Absorption spectroscopy becomes more complex when no longer a sin-
gle molecule is studied but a mixture. As often required in practice, one
needs to measure the concentration of various molecules in a mixture. The
absorption spectrum of this mixture then represents the combined absorp-
tion of all different molecules and atomic bonds present in the mixture.
The relative magnitude of concentration of the different molecules and
their absorptivities then determine which features are dominant. In this
section, we start by introducing the glucose spectrum and identify which
molecules are true interferents that can mask the glucose absorption fea-
tures. We continue with a discussion on the optimal path length that has
an important role in signal throughput, hence signal-to-noise ratio (SNR)
of the spectroscopic measurements. Subsequently, the required SNR for
glucose detection is derived and we end this section with a discussion of
the metrics that are used for qualifying in vivo glucose sensors.
2.3.1 Glucose spectrum
The chemical formula of glucose is C6H12O6, therefore there is a limited
number of atoms and chemical bonds that can influence the absorption
spectrum. In the near-infrared wavelength range, that we can easily ac-
cess with SOI technology, the glucose absorptivity shows two regions with
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Figure 2.9: Example of the narrow line-features in the near-infrared absorption
spectrum of CO2 (based on data from the Hitran database)
characteristic features (see fig. 2.10)[2]. The first region is the so-called
first overtone band that comprises the first overtone transitions of C-H
stretching vibrations. The second region is the combination band that cor-
responds to the combination of stretching and bending vibrations for C-H
and O-H bonds. When we compare both regions, we notice that glucose
absorbs 4 to 5 times stronger in the combination band and that all features
are broadband in nature. In the same figure (fig. 2.10), the absorptivity of
other interfering bio-molecules is plotted. The influence of these interfer-
ents is explained in the next section.
2.3.2 Interfering molecules
If we take a look at the absorptivity spectra in figure 2.10, we can see
that the absorption features are highly overlapping. The interfering bio-
molecules have similar chemical bonds, hence features as glucose and need
to be distinguished. Two factors determine the magnitude of the associated
problems: the in vivo concentration of the interferent and the measured
wavelength range. Water for example is omnipresent in interstitial fluid
(ISF) and dominates the absorption spectrum. On the other hand, fructose
has the same chemical formula as glucose (C6H12O6), but its influence on
the absorption spectrum is negligible, because its concentration in ISF is
3 orders of magnitude lower than glucose [9]. The in vivo concentration
of urea and lactate is similar to glucose and they are therefore considered
to be the two main interferents, next to water. Note, however, that each
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Figure 2.10: Absorptivity of glucose, water and interfering bio-molecules in the
near-infrared. (based on data from [2]
person’s metabolism is different, leading to a large variety of possible ISF
compositions in which other bio-molecules can start to play an important
role as well.
The measured wavelength range is also important to consider. If we can
measure a wider range, the number of molecule-specific features increases
and identification becomes easier. Still, the wavelength resolution of the
measured spectrum needs to be high enough to resolve the finer absorp-
tion features. For glucose, this wavelength resolution is preferably 3 nm
[10]. However, some parts of the wavelength range might not be accessi-
ble due to the unavailability of adequate sensor technology (e.g. lack of
sources) or due to the heavy background absorption of the solvent.
Water
Water is a very strong interferent for in vivo glucose detection. Although
the water absorptivity is of the same order of magnitude as glucose, the
molar concentration of pure water at 37◦C is 55138 mM [2], which is four
orders of magnitude larger than the mean in vivo glucose concentration of
5.5 mM. In addition, the water absorption is so strong in the wavelength
range from 1870-2000 nm and 2400-4000 nm, that the transmission drops
to zero when the path length exceeds 1 mm (see figure 2.11). This effec-
tively eliminates these regions for NIR absorption spectroscopy of weakly
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Figure 2.11: Measured water transmission in the near-infrared with a path length
of 1 mm
absorbing solutes in aqueous solutions. Another important effect of wa-
ter as a solvent is the presence of hydrogen bonds (see fig 2.12(a)). These
bonds are sensitive to temperature and introduce a blue shift in the water
absorptivity peak at 1411 nm with increasing temperature [11]. This ef-
fect is shown in figure 2.12(b). The first overtone features of glucose are
located on the tail of this moving peak, so that the variable water back-
ground needs to be properly referenced for [12].
When one wants to eliminate the water spectrum from the spectrum of
an aqueous glucose solution, the so-called water displacement effect also
plays a role. The number of absorbing water molecules is smaller for a
given measurement volume in a glucose solution compared to pure water.
By introducing the water displacement factor fw, a pure water reference
can still be used for easy elimination of the water spectrum from a solu-
tion spectrum. The water displacement factor corresponds to the molar
concentration change of water caused by the dissolution of a unit molar
concentration of a solute ([2]). For glucose this factor is fw = 6.245. When
a pure water reference is used, the change in absorbance due to glucose Ag
with a concentration cg can then be written as:













Figure 2.12: (a) formation of hydrogen bonds in liquid water and (b) the
temperature dependence of the NIR water spectrum [11]
Glycated proteins
Another type of potential interfering signal comes from glycated proteins
(see fig. 2.13). These are proteins that have glucose molecules covalently
bound to them. The concentration of glycated proteins is typically higher
in diabetic patients [13]. This is because the glucose is not effectively taken
up by their cells, leading to an increased probability for glucose to (per-
manently) bind with proteins. When the sample under test also contains
these glycated proteins, the bound glucose molecules might contribute to
the NIR signal. Yet, only the freely floating glucose molecules should be
measured. A preliminary investigation of this effect is described in the
later section 2.4.3. For the used data set with serum samples, it was found
that the present proteins lower the glucose estimation accuracy, but that






Figure 2.13: Example of a red blood cell with glycated hemoglobin proteins
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2.3.3 Path length
By being such a strong absorber in the near-infrared, water plays an impor-
tant role in the path length determination for the implantable spectrometer.
To explain this, we start from the following (reasonable) assumptions: (1)
the detector noise is ultimately limiting the attainable signal-to-noise ra-
tio (SNR) of our sensor and (2) this noise can be considered constant and
independent of the light intensity incident on the detector. Now, imag-
ine the following two cases: In the first case, the path length is chosen
very long such that the transmittance through the ISF sample is very low
due to water absorption. Then, the signal becomes smaller relative to the
noise, hence the SNR goes down. Secondly, imagine now a very short path
length. The transmittance will be high but the signal due to glucose will
be low due to the low number of molecules that the light beam has passed.
It is, therefore, clear that there is an optimum in the path length. Now,
we show how to relate this optimal path length with the water absorption.
According to Beer-Lambert, the transmission T of a liquid mixture with n








∣∣∣∣ = T · ln(10) · i · L (2.7)
If we now take the derivative of si with respect to the path length and equal
this to zero ( δsiδL = 0), then the optimal sensitivity is found to be:
Lopt =
1
ln(10) ·∑ni=1 ici (2.8)
Given the above equation, the optimal length is mainly influenced by the
water absorption as it dominates
∑n
i=1 ici. Due to the strong wavelength
dependence of the water absorptivity, this optimal length also depends on
the transmission wavelength that is measured. According to this equation
2.8, the optimal path length for the peak absorption wavelength of glucose
in the first overtone band (1590 nm) is Lopt,1590nm = 1.36 mm and for the
combination band (2110 nm) we get a length of Lopt,2110nm = 0.37 mm. Ini-
tial research has shown that the use of multiple path lengths can improve
the detection limit [14, 15]. Given the small footprint of our spectroscopic
sensor, we can thus envision a set of sensors with each a different sample
path length. This way, we can optimize the SNR for a larger wavelength
range.
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2.3.4 Required signal-to-noise ratio
If we expect that the glucose detection accuracy scales directly with our
sensor’s performance and assume no significant improvement by spectral
analysis techniques, we can derive a minimally required signal-to-noise
ratio of our measurements. To derive the required SNR, we start by intro-
ducing the clinically relevant glucose concentration range and minimum
change in glucose that should be measured. For healthy persons the nor-
mal concentration range of blood glucose is 4.4 to 6.1 mM. Shortly after a
meal, the glucose level may rise shortly to 7.8 mM. For diabetes patients,
the glucose level may rise up to 20 mM after a meal. This state of high
glucose level (>9 mM) is called hyperglycemia. The opposite case is hy-
poglycemia and occurs when the glucose level drops below 3.9 mM. This
is a serious condition and if left untreated, it may lead to unconsciousness.
The glucose range that we target with our in vivo glucose sensor is thus
3-20 mM.
Next to this dynamic range, a sensor resolution can be determined. This
is the minimal change in concentration that can be resolved by the sensor.
The clinically required, absolute minimum resolution is 1 mM, which is
especially critical when the patient is suffering from a hypoglycemia [16].
We will now determine the change in transmission that is associated to this
minimum sensor resolution of 1 mM.
In the previous section, we calculated the optimal path length for the peak
absorption wavelength of glucose in the first overtone band (1590 nm)
and combination band (2110 nm) according to 2.8. We get a length of
Lopt,1590nm = 1.36 mm and Lopt,2110nm = 0.37 mm. The theoretical trans-
mission of aqueous glucose mixtures with different concentrations for both
the first overtone and combination band for these calculated path lengths
based on the absorptivity data from [2], is shown in figure 2.14. The left
y-axis represents the change in transmission due to a glucose solution, cal-
culated as T = 10−Ag with Ag as defined in formula 2.5. We can now
derive the change in transmission δT at a wavelength of 1590 nm and 2100
nm, that is caused by a change in glucose concentration of 1 mM:
δT (λ = 1590nm) = 1− Tgluc=1mM = 1− 0.99990 = 0.01% (2.9)
and
δT (λ = 2110nm) = 1− Tgluc=1mM = 1− 0.99992 = 0.008% (2.10)
It is this very small change in transmission that we should be able to mea-
sure with our device. The required SNR associated with this δT can be cal-
culated as: 1δT . This yields an SNR of 10000 at λ=1590 nm and SNR=12500
at λ=2110 nm. In comparison, commercially available FTIR spectrome-
ters specify a SNR of 15000 [8]. The in vivo spectroscopic detection of glu-
cose, thus, poses two important challenges: (1) development of a very high
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Figure 2.14: (Theoretical) change in transmission due to a glucose solution, taken
into account the water displacement effect, in (a) the first overtone band and (b)
the combination band for different glucose concentrations. The pure water
transmission spectrum for the optimal path lengths is also shown.
SNR sensor and (2) the required specific detection given the variable back-
ground of water and interfering bio-molecules.
2.3.5 Requirements for in vivo glucose detection
Next to the sensor’s concentration range and resolution, the overall accu-
racy of a continuous glucose monitoring (CGM) device must obey inter-
national clinical standards. The following standards are used: Clark error
grid, ISO15197 and MARD.
Clarke error grid
The Clarke error grid is shown in fig. 2.15 [17]. The x-axis represents the
actual blood glucose values as expressed in mg/dL. Use the conversion
factor of 1/18.016 to convert from mg/dL to mM. The y-axis is the blood
glucose value as measured with a CGM sensor. The error grid contains
five different zone’s, namely A,B,C,D,E. The CGM sensor should only give
readings that fall within zone A and B. More information on the signifi-
cance of these zones can be found in [17].
ISO15197
This is an ISO standard on ”Requirements for blood-glucose monitoring
systems for self-testing in managing diabetes mellitus” that provides a
good reference for CGM. It states that at least 95% of all sensor readings











Figure 2.15: Clarke Error grid from [17]. SMBG stands for self-monitoring of blood
glucose (BG) which is expressed in mg/dL
blood glucose level is below 4.2mM and within ±20% when the blood glu-
cose level is above 4.2 mM.
Mean absolute relative distance
The last CGM performance measure is the Mean Absolute Relative Dis-
tance (MARD) that measures the average disparity (in percentage) between
sensor and analytical reference method readings [18]. The MARD for n









The lower the MARD value, the more accurate the sensor. Typical values
for commercial CGM devices are 10-15%.
A note of attention should also be given to the following issue: the diagnos-
tic measures are derived for blood glucose levels but most CGM devices,
also the GlucoSens implant, measure glucose in the interstitial fluid (ISF).
SPECTROSCOPIC DETECTION OF GLUCOSE 37
Research has shown that the blood and ISF glucose levels are closely re-
lated, but a delay of 10 to 20 minutes between the two is often present [19].
Future will tell if the diagnostic measures will shift to ISF values, but for
now the delay should be minimized by implanting the CGM is a densily
vascularized region.
2.4 Multivariate analysis
The previous section clearly indicated that the degree of overlap between
the various absorption features in a mixture will make molecular identi-
fication more difficult. By monitoring the mixture in the mid-IR, thus the
fundamental transitions, the degree of overlap can be minimized. In the
near-infrared, however, the weak and broadband nature of overtone vi-
brations necessitates a different approach. One straightforward method
is to increase the spectral range that is measured, because more features
mean better identification. Another, but complimentary, approach is to use
a priori knowledge of absorption spectra of the mixture components. The
measured absorbance can then be written as a linear combination of the
individual absorbance spectra for which the coefficients represent the con-
centration distribution. Actually, a whole field of science has been devoted
to this problem of spectral analysis, namely multivariate analysis. In this
section, we give a short introduction to the basic principles of multivari-
ate calibration and discuss the relevant results that were obtained (in the
GlucoSens project) for in vivo glucose sensing.
2.4.1 Introduction to multivariate calibration
In multivariate calibration of spectra, the goal is to establish a relationship
between a measured spectrum and the content of the measured sample.
By measuring multiple samples with varying, but known, concentration of
various analytes, this relationship can be established. This relationship can
then be used to find the content of an unknown sample whose absorption
spectrum is measured.
In principle, the relationship can be derived by standard regression tech-
niques. For example, we can derive the regression model C = Aβ for the
measured spectra (if the law of Beer-Lambert applies). In this model C
is the multicomponent concentration matrix, A is the corresponding spec-
tral absorbance matrix and β a matrix with the regression coefficients. Ev-
ery row in A is a measured absorbance spectrum and is seen as a set of
variables (one variable per measured wavelength). These variables can be
highly correlated when they are part of the same broad absorption peaks.
This makes it challenging to solve the above regression model, as the re-
gression coefficients β are found by matrix inversion of the matrix product
ATA. Due to the high correlation of the variables, this matrix product is
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Figure 2.16: (a) Variation in the multivariate model performance in terms of the
root mean squared error of cross validation (RMSECV), calibration (RMSEC) and
predication (RMSEP) with the number of latent variables and (b) typical graphical
representation of the multivariate modeling results.
not of full rank, hence inversion gives numerical problems [20]. A differ-
ent approach is thus needed to establish the relation between a measured
spectrum and it’s sample content.
The most popular multivariate calibration technique is partial least squares
regression (PLSR) [21] and is explained below as in [22]. This technique
starts from the observation that the measured variables X can be written
as X = TP + E in which T are the so-called latent variable scores, P a
matrix of loadings and E an error term that represents spectral residuals
[22]. The dimensions of the individual matrices are n x p (X), n x a (T), p x
a (P) and n x p (E) with n the number of measured spectra, p the number of
wavelengths and a the number of latent variables. These latent variables
are limited in number and represent the true underlying causes of varia-
tion in the observed spectra. They reduce the dimensionality of the spec-
tral data by eliminating redundant information of the observed variables.
The matrix of loadings P contains the coefficients used in the projection (by
writing it as a linear combination) of the observed variables onto the latent
variables.
The process of iteratively solving X = TP + E for T, P and E, while mini-
mizing E, is called data compression. The next step in PLSR is to solve the
regression equation c = Tq + ec, in which c is a n x 1 vector representing
the concentrations, q is a a x 1 vector of regression coefficients and the n
x 1 error vector ec. Once both the data compression and regression step is
finished, the multivariate calibration model can be tested with an unkown
spectrum. A multivariate model thus has a calibration phase (data com-
pression + regression) and a testing phase. The testing phase makes use
of the matrix P and vector q to estimate the concentration of the unkown
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sample. For PLSR this testing phase yields the estimated concentration cˆ
of a spectrum x using cˆ = b0 + xb. In this equation b0 is called the intercept
and b is a p x 1 regression vector that is computed using P and q (from
the calibration phase) as b = W (PW )−1q. In this latter equation, W is a p
x a matrix that represents (iteratively optimized) weighting factors for the
latent variables to make sure they remain orthogonal, hence carry unique
underlying information about the spectrum.
Without going further into detail, the result of the multivariate modeling
is a set of estimated concentrations cˆ that can be compared to the actual
concentrations c. This data can then be used to define three evaluation
measures for the model: the root mean squared error of calibration (RM-
SEC), cross-validation (RMSECV) and prediction (RMSEP). These values
are dependent on the number of latent variables that are used in the mod-
eling, and provide a way to optimize this number. Care must be taken
to prevent a too high number of latent variables as this increases the risk
of overfitting. All three measures are based on the calculation of the root







To estimate the future performance of the model, RMSEP is the best mea-
sure. To calculate the RMSEP, the cˆi in formula 2.12 are calculated for spec-
tra that were not used in the calibration phase. These cˆi are calculated with
the calibration model for which the RMSECV is optimized. The RMSECV
is typically calculated using leave-one-out cross-validation: for every spec-
trum in the calibration set, a calibration model is developed by leaving this
spectrum out of the calibration set. This yields n-times a RMSE that can be
averaged to yield the RMSECV. Other methods to calculate the RMSECV
can be found in [20]. The RMSEC is calculated only with the spectra that
were used in the calibration phase. This should give the lowest RMSE and
represents the most optimistic estimation of the model performance. Af-
ter optimization of the multivariate model, the model information can be
represented as in fig. 2.16. The RMSECV, should be minimized, while lim-
iting the number of latent variables to decrease the risk for overfitting. The
number of latent variables is often determined as the number for which an
additional latent variable does not result in a significant improvement of
the RMSECV [23].
2.4.2 Multivariate modeling of aqueous glucose solutions
We now introduce the multivariate analysis results of our GlucoSens part-
ner MeBios from KULeuven. They studied a set of ISF mimicking solutions
that were measured with an FTIR at 37◦ [22]. The dataset was a full facto-
rial design of aqueous solutions with 7 levels of glucose (1 mM, 3 mM, 7
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mM, 12 mM, 15 mM, 22 mM and 30 mM), two levels of urea (5 mM, 6 mM)
and two levels of lactate (1 mM, 5 mM). Each of the 28 different solutions
was put into a cuvette with an optical path length of 1 mm and measured
three times in the NIR wavelength range from 1333 to 2354 nm. The results
are shown in table 5.1. It can be seen that the multivariate model performs
best when the large wavelength range from 1333-1836 nm and 2173-2354
nm is used for modeling. This shows how the measured wavelength range
influences the detection limit. Both the wavelength dependence of the in-
strumental noise and the deviation from the optimal path length attribute
to this effect. It is not yet clear if this detection limit can be improved fur-
ther by using other calibration strategies.
Table 2.1: PERFORMANCE OF PLSR MULTIVARIATE MODELING FOR THE
PREDICTION OF GLUCOSE CONCENTRATION IN ISF-MIMICKING AQUEOUS
SOLUTIONS
λ [nm] 2173-2354 1333-1836 1525-1825 1333-1836
2173-2354
RMSEC [mM] 3.39 0.95 0.88 0.73
RMSECV [mM] 4.00 1.03 1.08 0.86
RMSEP [mM] 4.36 1.00 1.08 0.79
2.4.3 Multivariate modeling of glucose in blood serum
A similar experiment was performed for blood serum [24]. The serum
samples consists of 92 vol% water, 64-83g/L dissolved proteins and a va-
riety of small molecules such as glucose. A total of 65 human blood serum
spectra were measured in threefold in the 800-2500 nm wavelength range
with an FTIR, using a 1 mm flow through cuvette. The samples were mea-
sured at a temperature of 37◦. In the calibration phase of the multivariate
modeling 150 spectra (50 samples x triplicates) were used and in the test
phase another 45 spectra (15 samples x triplicates). Only the first overtone
(1550-1810 nm) and combination band (2070-2375 nm) were considered for
building the PLSR model. The resulting model used 13 latent variables and
achieved a RMSECV of 1.41 mM and RMSEP of 1.16 mM. In figure 2.17, the
results of the model are shown in a Clarke grid. The encircled datapoint
correspond to three outlier samples that were identified by the model. Ex-
cept for one outlier spectrum, all samples fall in zone A and B of the Clarke
Grid, indicating a good performance of the PLSR model. This means that
the multivariate model can handle the uncertainties generated by varying
interferent and protein content in blood serum.





Figure 2.17: Clarke error grid analysis for human serum samples using PLSR
modeling in the first overtone and combination band. The encircled outlier
spectra were automatically detected in the multivariate modeling.[24]
Influence glycated proteins
As mentioned in section 2.3.2, the effect of glycated proteins on the glu-
cose prediction had to be studied. This was investigated by our GlucoSens
partner Mebios and is reported in [25]. It was found that proteins in gen-
eral have a significant influence on the glucose prediction error. This can
be attributed to the fact that proteins are very efficient light scatterers. This
lowers the signal-to-noise ratio of the measurements as more light is lost
upon scattering. In addition, even when the light is captured by the detec-
tor, it is difficult to estimate the traveled path length due to the scattering
events. This yields uncertainty on the glucose concentration through the
law of Beer-Lambert as the path length is a parameter in the equation 2.1.3.
On the other hand, it was concluded from the study that the very nature of
the HbA1C proteins itself does not have a significant effect on the glucose
prediction.
2.4.4 Optimal wavelength band
One could ask how many wavelengths are needed to have a good glucose
detection limit using absorption spectroscopy in the first overtone band
and combination band. Our GlucoSens partner MeBios investigated this
and found that it is possible to select a limited number of regions that carry
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the most selective information about glucose. Using the human serum
data-set a selection of 14 wavelengths was made. Using these 14 wave-
lengths a reasonable RMSEP of 1.64 mM is obtained. The wavelengths
are located both in the first overtone band (mostly around 1690 nm) and
around the broad absorption peak at 2110 nm in the combination band. It
is, however, not yet clear by how much this set of 14 wavelengths depends
on the specific spectral data set.
2.5 Conclusion
In this chapter, we showed how glucose can be detected by using near
infrared absorption spectroscopy. This measurement method poses three
important challenges for the in vivo detection of glucose.
Firstly, the required signal-to-noise ratio of our sensor must be at least 40
dB, given the required sensor resolution of 1 mM.
Secondly, the weak and broadband nature of glucose absorption features
makes the absorption spectrum prone to interferents. Water is the main
interferent, followed by urea and lactate and scattering proteins. The dom-
inant water absorption can be eliminated from the glucose solution spec-
trum, using the water-displacement factor. Care, however, is needed to
monitor the temperature as this influences the water spectrum. Multivari-
ate analysis can help in the process of extracting the glucose concentra-
tion from the measured absorption spectrum. Promising results have been
achieved with multivariate modeling in both simple aqueous solutions and
complex serum samples. The RMSEP for serum samples is 1.16 mM, but re-
quires the information from both the first overtone and combination band.
The third challenge is related to this large spectral range that should be
covered for sensitive glucose detection. Given the large technological chal-
lenges of light source integration on a Silicon photonic chip, we cannot
cover every wavelength in this wide range. A selection thus has to be made
taking into account the availability of light sources.
Although the nature of near-infrared spectroscopy for glucose detection
is challenging, the advantages of this approach compared to other detec-
tion methods, are driving this research. Below the three main advantages
are listed:
1. This method requires no reagents nor labeling. This is beneficial for
both the bio-compatibility and long term stability of the sensor
2. The absorption spectrum serves as a molecular fingerprint due to the
direct link with the molecule’s energy level diagram. This ensures
high specificity.
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3. By using multivariate modeling of the measured absorption spectra,
multiple molecules can be monitored at once.
These advantages also hold for mid-IR absorption spectroscopy and Ra-
man spectroscopy. Still, it is technologically much more challenging to
integrate these alternative detection methods onto an implantable optical
silicon chip. In addition, the high required source power for Raman spec-
troscopy most likely leads to a device too power-hungry for implantation.
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Figure 3.1: Design considerations for an implantable spectroscopic glucose sensor
To highlight the complexity of the development of an implantable spectro-
scopic glucose sensor, a condensed list of the design considerations is given
in figure 3.1. The goal of this chapter is to discuss the possible spectrometer
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configurations, given the constraints of the in vivo glucose detection appli-
cation. At the start of the project, little experience was available in terms of
the integration of a fourier transform interferometric spectrometer (FTIR).
The first demonstration of an on-chip FTIR was e.g. not yet published.
Therefore, the focus of miniaturization was on dispersive spectrometers.
However, most of the work is applicable to FTIR spectrometers as well.
We start this chapter with the basic classification of dispersive spectrome-
ters: pre- versus post dispersive and single versus dual-beam. Afterwards,
we discuss the different types of sources that can be used for absorption
spectroscopy. We then shortly touch upon modulation techniques for spec-
troscopy. Next, we discuss the sample interface of the spectrometer. This
interface can be either free-space or evanescent. Both will be compared
in terms of power budget and biocompatibility. This chapter ends with the
discussion of two general features of implants, namely the electrical power
budget and associated heat generation.
3.1 Classification of spectrometers






































Figure 3.2: Schematic of a pre- and post-dispersive spectrometer
For dispersive spectrometers, essentially two configurations exist: either
the wavelength demultiplexing is done before the sample, or after. This
wavelength demultiplexing can be done in time or in space. The power
incident on the sample in both cases (pre- vs post) can differ significantly.
Therefore, the thermal loading of the sample may also differ substantially.
The choice between pre- or post-dispersive, however, depends mostly on
how efficient the light can be coupled to the wavelength demultiplexer. In
the case of an integrated wavelength demultiplexer, the coupling efficiency
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is determined by the overlap integral between the field at the entrance of
the demultiplexer and the fundamental optical mode of the demultiplexer.
Any mode mismatch between both, will lead to a smaller coupling effi-
ciency, hence power loss. In a post-dispersive spectrometer, substantial
mode mismatching can be induced by scattering or beam spreading upon
propagation through the sample. Therefore, special care must be taken in
most post-dispersive spectrometers to optimize the coupling to the wave-
length demultiplexer.
























single beam dual beam
Figure 3.3: Schematic of (a) single and (b,c,d) dual beam configurations
The easiest implementation of a spectroscopic sensor is a single-beam con-
figuration as shown in figure 3.3(a). The important drawback of this sys-
tem is the fact that any variation in light intensity originating outside the
sample, is also measured. It is thus impossible to distinguish for example
between absorption in the sample and source fluctuations. To eliminate
this type of noise, a dual beam configuration can be employed. In figure
3.3(b-d), the most commonly used dual-beam options are shown. In the
first case (b), only the source intensity variations are monitored. In case
(c) also variations in the sample interface can be canceled. In the last case
(d), next to source and interface variations, the large background absorp-
tion of the solvent can be eliminated. A few practicalities are important to
make a dual-beam system work properly: (1) the splitting ratio must re-
main constant, (2) the detectors must be similar in performance and noise
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and (3) variations in the non-common path need to be minimized. In ad-
dition, these non-common variations need to be at least smaller than the
common-path variations. It is necessary to carefully analyze the complete
optical set-up with respect to the above listed requirements to obtain a
dual-beam system that obtains a high SNR (>40 dB) over a long period
in the order of hours to days. For example: it may look straightforward
to design a fixed splitting ratio, but this ratio can be affected by indirect
parameters such as the incident light polarization, next to direct environ-
mental changes such as temperature, mechanical drift etc. In a dual-beam
configuration as in figure 3.3(d), we obtain the transmission due to glucose







In this equation P symbols an optical power, while T symbols transmis-
sion. Using Beer-Lambert’s law, this transmission spectrum can then be
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Figure 3.4: Schematic of balanced detection
In a special form of dual beam sensors, the direct difference between two
detector is used as signal. By connecting the anode of the signal photo-
diode with the cathode of the reference photo-diode, the difference current
is readily obtained. This is shown in figure 3.4. Mathematically, the oper-
ation of a balanced detector system, not taking into account noise, can be
written as:
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∆P = Psig − Pref = Pcommon(1− Tg) ∼= Pcommon(1− (1− αgcg))
⇓
∆P ∼ cg (3.2)
with Tg the transmission due to glucose, which is linearly proportional to
glucose cg for physiologically relevant concentrations. The detected power
difference is thus directly proportional to the glucose concentration. But,
the glucose transmission spectrum can no longer be directly obtained from
the balanced detection measurement. The use of balanced detection has
the distinct advantage that the full dynamic range of the read-out system
is used to measure the useful signal due to glucose. In addition, all the
electronic components of the read-out circuit after the photodetectors is
common, which reduces the electrical noise[1]. The read-out circuit typ-
ically consists of a linear transimpedance amplifier (TIA) followed by an
analog-to-digital convertor (ADC). The main drawback of balanced detec-
tion with this read-out circuitry is that any variation in the common path
cannot be distinguished from the glucose signal. To circumvent this, one
can also use a logarithmic amplifier for both signals which yields log(Isig)
and log(Iref ). By subtracting both and by sending this difference to a com-
mon ADC, the useful information (Isig/Iref ) can be retrieved, while elimi-
nating unwanted variations in the common path.
3.2 Optical sources for absorption spectroscopy
laser array tunable laser supercontinuum sourceSLED (near) blackbody sources
















Figure 3.5: Sources for near infrared absorption spectroscopy
In figure 3.5, we list the different sources that can be used for near-infrared
absorption spectroscopy. We can classify these sources in terms of their
coherence length. Sources with a short coherence length, have a spectrally
broad emission spectrum and vice versa. For a source with a lorentzian-
like emission spectrum, this coherence length is proportional to λ
2
∆λ with
λ the center wavelength and ∆λ the full width half max (FWHM) of the
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lorentzian spectrum. In both dispersive and FTIR spectrometers, a broad-
band, low coherent source is used. These sources have the advantage that
a large number of spectral features can be sampled. Still, the minimum res-
olution of the spectrometers can be insufficient to resolve fine absorption
features. Lasers on the other hand, have a very narrow linewidth that can
be used to scan along sharp absorption features. In addition, lasers have
the highest spectral power density. Therefore, tunable lasers are often used
for the spectral analysis of gaseous samples that show very sharp but weak
features in the absorption spectrum. When tunable lasers are used, only a
narrow wavelength range can be measured due to the limited wavelength
tuning range. Still, on an integrated platform, a laser array can be imple-
mented to cover a broad wavelength range. When a laser source is used,
the spectrometer configuration is by definition pre-dispersive.
The high coherence of laser sources can lead to unwanted effects such as
speckle and interference fringes in the optical transmission spectrum. To
reduce the impact of these coherence effects, unwanted Fresnel reflections
and scatter points along the optical path need to be avoided.
The choice between the different sources is application-specific and de-
pends on a large number of parameters: the required output power stabil-
ity, operating wavelength range, spectral power density, (electrical) power
efficiency, coherence length, size and cost. In addition, the fabrication yield
and tolerance to fabrication imperfections are very important if the source
is to be integrated on a silicon chip.








Figure 3.6: Conceptual drawing of wavelength demultiplexing using an intensity
modulation scheme
In absorption spectroscopy, one very often uses modulation schemes to
enhance the detection limit. The main reasoning is that if the signal is
modulated, one can select the least noisy frequency range to detect the
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signal. For example, the system’s 1/f noise can be minimized by mea-
suring at a higher frequency instead of DC. A wide range of modulation
techniques have been developed: wavelength modulation [2], frequency
modulation [3], derivative spectroscopy [4] etc. In figure 3.6 we show an
example wavelength demultiplexing scheme based on modulation, that
can be integrated on-chip. By modulating each wavelength with a differ-
ent frequency followed by spectral fourier analysis of the detector signal,
the transmission spectrum can be obtained. This has the advantage that all
wavelengths can be measured at once, instead of sequentially, while using
a single photo-detector. In this case, a larger number of spectra can be ob-
tained given a certain measurement time, which can increase the signal to
noise ratio by averaging and fourier noise filtering techniques.
When the source is a laser array, modulation wavelength multiplexing is
easily obtained by direct modulation of the driving current. When using
a broadband light source such as an SLED, modulation wavelength de-
multiplexing can also be used, but more design effort is needed. One first
has to demultiplex the spectrum into thin slices that each have a separate
modulator after which the spectrum needs to be reconstructed. The to-
tal footprint, insertion loss and modulator energy consumption has to be
minimized to keep this option open for an implantable sensor.
3.4 Free space sensor
In figure 3.7, we show two free space configurations that can be used as an
implantable glucose sensor. These configurations originate from the Glu-
coSens project proposal. The first configuration contains a laser array as the
source and has a single detector (pre-dispersive). The second configuration
has a single broadband source and a spectrometer with photodetector ar-
ray (post-dispersive). In this free-space approach, the glucose molecules
are accessed by sending the light from the source through tissue, and after
transmission the light is captured back into the photonic chip. The sen-
sor is encapsulated in a donut shaped biocompatible coating as shown in
figure 3.7. This approach has clear advantages over existing glucose sen-
sors: the tissue only sees the biocompatible coating, minimizing the risk of
heavy body reactions. In addition, when the sensor is fully encapsulated,
the risk of sensor failure due to water insertion is minimized. This is espe-
cially critical for the incorporated CMOS electronics. Unfortunately, these







Figure 3.7: Free space glucose sensor (graphics design by Wim Bogaerts)
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3.4.1 Biocompatible materials





















Figure 3.8: Transmission through 0.2 mm thin slices of PDMS and PMMA,
showing the strong absorption features in the combination band
In this text, we adhere to the following definition of biocompatibility [5]:
”the ability of a material to perform its desired function with respect to
a medical therapy, without eliciting any undesirable local or systemic ef-
fects in the recipient or beneficiary of that therapy, but generating the most
appropriate beneficial cellular or tissue response in that specific situation,
and optimizing the clinically relevant performance of that therapy.”
Two materials were studied by the Polymer chemistry and biomaterials re-
search group (see appendix A) for the biocompatible coating: (poly) methyl
methacrylate (PMMA) and (poly)dimethyl siloxane (PDMS). These materi-
als were selected for their proven biocompatibility in medical applications
such as soft lenses (PDMS), hard lenses (PMMA), hearing aids (PDMS)
and as a coating for fiber optic sensors (PMMA and PDMS). For the im-
plantable glucose sensor application, these materials should be surface-
functionalized for two reasons:
• reduction of dense tissue ingrowth in the opening of the donut-shaped
implant
• enhancement of glucose supply by attracting small blood vessels
Unfortunately, tissue ingrowth cannot be completely avoided, but one can
hinder dense tissue types that limit the light transmission. The growth of
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dense tissue is the end-stage of an inflammation response to the implant
[6]. It starts by the adherence of plasma proteins onto the surface of the im-
plant. These proteins promote the adherence of macrophages that signal
the start of tissue inflammation. The macrophages secrete inflammation
mediators that stimulate the growth of foreign body giant cells (FBGCs)
which in their turn attract fibroblasts. These fibroblasts deposit a fibrous
layer onto which collagen is deposited. Finally, the surface is covered with
dense fibrous tissue. It is, thus, essential that the surface-treatment mini-
mizes the adsorption of plasma proteins.
Next to biocompatibility, the optical properties of these materials were
studied. Given that the probing light will traverse the coating, the ma-
terials have to be sufficiently transparent. The transmission spectra of a 0.2
mm thin slice of PMMA and PDMS are shown in figure 3.8. Although part
of the losses were caused by small airbubbles in the materials, it is clear
that both materials have a very strong absorption above 2200 nm. This
limits the use of these materials for glucose spectroscopy in the combina-
tion band, as two out of three glucose features in the combination band (at
2.1 µm, 2.27 µm and 2.32 µm) cannot be accessed.
3.4.2 Tissue scattering
Figure 3.9: Illustration of tissue scattering (from [7])
In the proposed free space implant, the transmitted power is limited by
losses due to tissue absorption and scattering. Given the typical sizes of
biological structures, tissue appears as very inhomogeneous for the NIR
wavelengths that we use [8]. This leads to strong light scattering effects
such that the photon zig-zags rather than to follow a straight line. This
way, many photons do not make it to the detector, resulting in a decrease
in transmission. It is not straightforward to distinguish this decrease from
power loss due to absorption. Therefore, if there is tissue ingrowth in the
opening of the free-space implant and this tissue changes considerably
over time, it becomes difficult to predict glucose reliably. It is important
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to note that even when the tissue structurally doesn’t change, the refrac-
tive index of the surrounding interstitial fluid fluctuates and can alter the
scattering properties. This refractive index fluctuation of the ISF depends
on the time-varying concentration of small molecules and proteins.
The scattering inside a given type of tissue can be described by a phase
function p(s ·s′) and µs [9]. The latter parameter is the scattering coefficient
that represents the probability for a photon to be scattered when propagat-
ing a length unit in tissue. The scattering coefficient µs and the attenua-
tion coefficient due to absorption µa combine to a single total attenuation
coefficient µtotal (wavelength-dependent!). This way, the transmission of
ballistic photons (non-scattered, non-absorbed) in tissue over a distance L




= e−µtotalL = e−(µs+µa)L (3.3)
The phase function is the angular distribution that is used to calculate the
probability p(s · s′)dω that a photon with direction s (vector!) is scattered
into a unit of solid angle dω of the direction s
′
, when it encounters a scat-
tering particle [9]. Every particle has, for each wavelength, its own phase
function that depends on its shape, size and refractive index. For particles
with a simple shape, such as a sphere, the phase function can be calculated
analytically (Mie theory [10]). Most often, it is assumed that a given tissue
type is an isotropic medium in terms of scatterers. This results in a sin-
gle phase function for a given tissue. Using the phase function p(s · s′), a




p(s · s′)(s · s′)dω (3.4)
This anisotropy parameter g can range between -1 (completely backward
scattering) and +1 (completely forward scattering). When g = 0 the scat-
tering is isotropic and the phase function is simply 14pi .
Effective path length estimation
Even when scattered photons do make it to the detector, a large fraction
of them is causing actual noise. All scattered photons have traveled a dif-
ferent path length before reaching the detector. The path length, however,
needs to be known to extract the glucose concentration. Any fluctuation
on the mean path length, results in uncertainty in the glucose concentra-
tion estimation. By using Monte Carlo simulations with the appropriate
tissue parameters µs, µa, g, the number of photons that reach the detector




A final, but important limitation of the free-space implant is the spatial in-
homogeneity of glucose in tissue. A key observation in diabetes patients is
that the glucose content in cells is strongly reduced, as the molecules can
no longer enter the cells efficiently. Thus, when the photons travel from
source to detector, the larger the amount of cells they pass, the lower the
amount of glucose molecules they encounter. This weakens the glucose
signal. In addition, the diagnostically relevant glucose concentration is the
blood glucose level and the strongly related ISF. By measuring the concen-
tration average over ISF and cells, we thus do not measure the relevant
concentration to take corrective actions.
3.4.3 Power budget considerations
Here we will calculate the power budget for three free-space configurations
that can be integrated onto a silicon photonic chip. As shown in figure 3.7,
either a pre- or post-dispersive free-space implant can be developed. In
the pre-dispersive free space spectrometer, the light source can be either
a laser array or a broadband SLED. In the case of a laser array, the light
from the different lasers is first multiplexed into one waveguide before it
is coupled out to the tissue. After transmission through tissue, the light
is captured with a large photo-detector. When a broadband SLED is used,
the light first passes a tunable wavelength filter, before it passes the tissue.
The transmitted light is also captured by a large photo-detector.
In the post-dispersive free space configuration, a broadband SLED is used
as a source. This source light is directly incident onto the tissue. The trans-
mitted light first has to be collected into a waveguide, before it can be
spectrally analyzed with an integrated wavelength demultiplexer and in-
tegrated photodetectors. Coupling the transmitted light into a waveguide
is not straightforward as this light beam is no longer diffraction-limited
due to the high number of scattering events in tissue. The highest cou-
pling efficiency is obtained for ballistic photons and these photons also
travel a known path length (needed to accurately derive the glucose con-
centration). Therefore, we only take these photons into account for the
post-dispersive configuration.
In all three free-space configurations, we assume a 3 dB loss when coupling
from the light source to the silicon guiding layer of the chip. The compo-
nent losses are based on the typical losses of components integrated onto a
silicon photonic chip as reported in [12, 13, 14]. In addition, we assume that
the tunable filter has the same losses as the wavelength demultiplexer. We
assume that the implant is inserted subcutaneously, therefore the optical
properties of adipose tissue (body fat) is used to calculate the absorption
and scattering losses [8]. The calculations are performed in the first over-
tone (@ 1590 nm) and combination band (@ 2110 nm), while we assume a
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wavelength demultiplexer with 14 channels (see section 2.4.4). The optical
path length L is the optimal length in aqueous solutions (1.36 mm in first
overtone band and 0.37 mm in combination band) times 10, as we consider
the glucose content in cells negligible and there is about 10% of ISF in adi-
pose tissue [15].
Eventually, the power budget calculation yields the required power such
that a change in transmitted power due to 1 mM is three times larger than
the noise produced in the photodiode and the transimpedance amplifier.

















in which < [A/W] is the responsivity of the photodiode, NEP [W/√Hz]
the noise-equivalent power of the photodiode, ts [s] the integration time
and in,TIA [A/
√
Hz] the input-referred noise of the transimpendance am-
plifier. We do not consider additional noise produced by the electronic
read-out circuitry, but limit the power budget here to the optical link and
first amplifier stage. The detector NEP is calculated using the normalized
detectivity D∗of highly performant InGaAs photodetectors with a surface






In the pre-dispersive case, the surface of the detector needs to be chosen
to accommodate at least the size of the diffracted beam. This detector will
capture scattered photons as well. In adipose tissue, where scattering dom-
inates over absorption (µs >> µa), the inverse of the reduced scattering co-
efficient µ
′
s = µs(1−g) represents the distance d (= 1µ′s ) after which the pho-
tons have isotropically distributed directions each with 14pi probability [7].
This distance d is shorter than the optimal path length for our free-space
sensor. Therefore, we capture only non-absorbed photons, uniformly dis-
tributed in a solid angle Ω = SL2 . The transmission from the entrance of the
tissue to the detector, thus, equals the absorption losses exp−µaL times the
fraction of captured photons.
When the detector surface area is chosen larger, more light can be captured,
leading to a better power budget. This, however, has a trade-off with the
prediction accuracy that lowers with an increased amount of scattered pho-
tons versus ballistic photons.
In the post-dispersive case, we consider that we capture only ballistic pho-
tons, therefore the transmission equals exp−(µa + µs)L. The detector sur-
face area in the post-dispersive case is based on the dimensions of grating-
assisted integrated photodiodes. Given the directionality of the grating
coupler, maximally 50% is coupled to the photodiode, introducing a loss
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factor of 3 dB.
The resulting power budget (see table 3.10) shows that a laser array based
system is the most attractive option. In the first overtone band, the required
power of 0.42 mW is reasonable, but for the combination band a laser
power of 6.03 mW is not feasible in an implant. A strong improvement
is possible by optimizing the grating coupler. By using more advanced
processing using a silicon overlay (see further section 5.2.3), the losses can
be reduced to 2 dB instead of 6 dB. The pre-dispersive configuration with
SLED needs the same source power per wavelength channel, thus the total
SLED power scales with the number of channels. A post-dispersive con-
figuration is completely impossible due to strong tissue scattering.
3.4.4 Modified free space implant
A modified version of the free space implant can overcome most of the
above listed problems related to light propagation in tissue. By using a
membrane above the openings of the donut-shaped implant, tissue in-
growth can be avoided. In addition, the molecular weight cut-off of the
membrane can be chosen to block interferents such as (glycated) proteins.
This way, we can decrease the complexity of the sampled fluid, leading to
a better glucose prediction. A schematic of the modified version is shown
in figure 3.11.
Important to note is that, by using membranes, we create a small cav-
ity without blood vessels. Glucose can only move within this cavity by
the slow process of diffusion. This can lead to small differences and a
time-delay in the glucose level as compared to the physiologically rele-
vant concentration outside this cavity. This compromises the direct rela-
tion between the sensor response and the patient’s actual blood glucose
level. Therefore, the dimensions, location and glucose transfer coefficient
of the membranes should be adequately chosen to minimize this effect. By
opting for an implant with membranes, an alternative glucose sensor con-
figuration was identified, namely evanescent sensors. Both are compared
in figure 3.12
In evanescent sensors, the light never leaves the photonic chip. This offers
a large design flexibility that can lead to e.g. multiplexing of the sensor
or the use of multiple path lengths for better glucose prediction. The sur-
face of the evanescent sensor is in direct contact with the sample fluid to
be able to probe glucose. When cells or proteins adhere to the evanes-
cent sensor surface, the sensor can no longer measure glucose. Therefore,
a membrane is needed to avoid this adhesion. The success of evanescent
sensors strongly depends on the quality of the membrane that is used. The
same holds for the modified free space implant. Therefore, the modified
free space implant is still a justified choice if the direct contact with the sili-
con surface would lead to body reactions. But if not, the evanescent sensor
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Transmission losses F.O. Band C.B. Band unit
wavelength 1590 2110 nm
optimal path length path length 1.36 0.37 cm
Losses adipose tissue absorption µa 1.00 2.00 cm−1
anisotropy (g) 0.80 0.90
reduced scattering (µ
′
s) 8.00 9.00 cm−1
scattering (µs) 40.0 90.0 cm−1
Sensor resolution concentration 1.0 1.0 mM
absorptivity H2O 5.77E-06 2.12E-05 1mMmm
water displacement 6.25 6.25
absorptivity glucose 6.79E-05 2.23E-04 1mMmm
absorbance glucose 4.33E-04 3.35E-04
Minimum SNR SNR=10*log10(1/∆T) -30.01 -31.13 dB
∆T due to glucose 9.99E-01 9.99E-01
Transmission to detec-
tor
T (PRE) -39.37 -49.86 dB
T (POST) -242.1 -147.8 dB
Photodetector F.O. Band C.B. Band unit
Area needed due to
diffraction
refractive index (H2O) 1.31 1.29
gaussian start width 4.50E-06 6.00E-05 m
rayleigh range 5.38E-05 6.91E-03 m
gaussian end width 1.15E-03 6.89E-05 m
surface area (PRE) 1.05E-06 3.73E-09 m2
surface area (POST) 3.00E-10 3.60E-10 m2




integration time 1.0 1.0 s
responsivity 0.7 0.7 AW
input referred noise 1.0E-12 1.0E-12 A√
Hz
minimal input power (PRE) -85.16 -85.18 dBm
minimal input power (POST) -85.19 -85.18 dBm
Component loss demultiplexer loss -3.0 -3.0 dB
grating coupler loss -6.0 -6.0 dB
SLED/laser to chip coupling -3.0 -3.0 dB
coupling to photodiode -3.0 -3.0 dB
Power division number of λ channels 14 14
10*log10(channels) 11.46 11.46 dB
Required source
power
Configuration F.O. Band C.B. Band unit
laser array (per λ) 0.42 6.03 mW
SLED + PRE 5.86 84.40 mW
SLED + POST 1.11E+21 5.29E+11 mW
























glucose flux SOI chip (PART 2)
free space sensor evanescent sensor
membrane
Figure 3.12: Cross-section of an implantable free space sensor and evanescent
sensor
approach, that is discussed in the next section, is the preferred option due
to its large design flexibility and potential SNR improvements. In addi-
tion, the evanescent sensor can minimize the sensor delay, as the distance
between the membrane and the sensor surface can be minimized.
3.5 Evanescent sensor
As mentioned above, the light stays on-chip in an evanescent sensor. This
means that the light propagates as a guided mode in an integrated waveg-
uide. In the silicon-on-insulator platform, this waveguide is formed by
a silicon layer on top of a layer of oxide. The E-field of the propagat-
ing waveguide mode stretches slightly outside the physical dimensions
of the silicon waveguide. The fraction of the E-field that extends out-
side the waveguide is called the evanescent field (see figure 3.13(a)). This
evanescent field is directly affected by the optical properties of the mate-
rials around the waveguide. Therefore, when the waveguide is immersed
in ISF, the photons in the evanescent field can be absorbed by molecules





Figure 3.13: (a) evanescent field of a silicon waveguide (b) microscope picture of a
waveguide spiral ((a) taken from [16])
in the ISF. This situation is similar to attenuated total reflectance, an ab-
sorption spectroscopy configuration well-known in literature [17]. In the
next chapter, theoretical derivations and simulations are used to elaborate
on the evanescent sensing principle using optical waveguides. By routing
the waveguide into a spiral, the sensor footprint is strongly reduced, such
that multiple spiral waveguides can be used on a single chip (see figure
3.13(b)).
In the remainder of this section, we describe the biocompatibility issues
related to an evanescent implant and how evanescent sensing offers us
more design freedom to multiplex the sensor. In addition, we will show
with power budget calculations that, in contrast to the free-space implant,
a post-dispersive configuration is again a feasible option.
3.5.1 Biocompatibility
Biocompatibility plays an even more important role in evanescent sensors
as the sensor surface is directly exposed to the human fluids. Moreover,
this sensor surface should stay ’clean’. Permanent adhesion of biological
material to the sensor surface is to be avoided as it will decrease the sen-
sor’s sensitivity. Even a thin adhered layer (< 100 nm) will strongly reduce
the region of overlap between analytes and the evanescent field, hence lim-
its the absorption signal. Surface chemistry can be used to avoid adhesion
of biological material, but also this surface chemistry should be biocompat-
ible. In addition, glucose molecules need to reach the silicon chip surface
in order to be sensed. As glucose molecules travel by diffusion in the ab-
sence of flow in the ISF, this also means that the diffusion time needs to be
small to minimize the concentration difference with the ISF glucose level.
When the body reacts to the implant by covering it with dense tissue or by
clogging the membrane, the glucose molecules cannot enter the implant
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efficiently and the diffusion time becomes intolerably long [18, 19].
Membrane
0,45 µm
Figure 3.14: Microscope image of a polyethersulfone membrane showing the pore
size distribution (taken from sartorius R©)
The selection of a suitable membrane depends on the following important
properties:
• ease of fabrication in combination with the biocompatible coating
materials
• molecular weight cut-off (MWCO) to allow glucose diffusion but block-
ing of larger proteins and cells
• mechanical strength for a given thickness that allows fast glucose dif-
fusion
• resistance to accumulation of bio-material that can clog the mem-
brane
The last item is of key importance and a lot of research is devoted to this
problem alone. Most of the knowledge is well-protected by patents and in
the hands of the medical industry. The molecular weight (MW) provides
an approximate measure for the size of small molecules and is expressed
in the Dalton unit (1 dalton=one-twelfth the weight of an atom of 12C).
Glucose for example has a molecular weight of 180 Da. The molecular
weight cut-off of a membrane is directly related to the membrane pore size.
Mostly, a membrane has a distribution of pore sizes (see figure 3.14) and
thus the MWCO is not a sharp line. By choosing a small MWCO, we can
reduce the complexity of the fluid that resides above the evanescent sensor.
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1 cm
Figure 3.15: Picture of an agarose hydrogel. The black spots are bacteria, showing
that it is a good environment to grow in.
Hydrogel
Instead of a membrane, a hydrogel can also be considered to allow glucose
to the sensor surface, while blocking the adherence of proteins and cells. A
hydrogel consists of a hydrophilic polymer matrix filled with hydrogen-
bonded water molecules. The flexibility and pore size of the hydrogel
can easily be tuned during fabrication. Most hydrogels are biocompati-
ble and are often used as a porous environment in which cells can grow.
In addition, glucose sensors have been invented that optically monitor the
swelling of hydrogels in response to glucose. In figure 3.15 an agarose hy-
drogel is shown. As the hydrogel is in direct contact with the sensor, the
high water content and polymer matrix introduce optical losses due to ab-
sorption and scattering. In the case of agarose, we measured a 30% inrease
in optical losses compared to a pure water cladding.
Silicon-on-insulator
In the proposed evanescent sensor, the body fluids are in contact to both
silicon and its native oxide SiO2. The biocompatibility of SiO2 has been
proven in literature [5]. It is for example commonly used in dental im-
plants. However, most reports on the biocompatibility of silicon are neg-
ative. In figure 3.16 from [6], it is shown for example how the number
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Figure 3.16: Growth of fibroblasts on top of silicon in cell culture as a hostile
reaction to its presence. Surface treatment of the silicon with PEG reduces the
inflammatory response [6]
of fibroblast cells steadily increases on top of bare silicon in a cell culture
medium. These fibroblasts are responsible for dense tissue growth and a
sign that the body wants to isolate itself from the silicon. By coating the sili-
con with a poly-ethylene glycol (PEG) monolayer this evolution is stopped,
suggesting that silicon can benefit from a surface treatment. When using
a membrane, it is only tissue fluid that is in contact with the silicon and
it remains a research question whether this will invoke an inflammatory
response around the implant.
3.5.2 Sensor multiplexing
The main advantage of an evanescent sensor is the design freedom that it
offers us. By using on-chip power splitters, we can easily send the light
from the source to multiple sensing spirals, wavelength demultiplexers
and detectors. This multiplexing would not be possible in a free-space
implant. In addition, for an evanescent implant, we can choose differ-
ent spiral lengths, which is equivalent to different optical path lengths for
spectroscopy. This can enhance the glucose detection limit, as explained in
section 2.3.3. As the spiral length should be optimized for a given wave-
length range, each spiral can be interrogated by a wavelength demulti-
plexer specifically designed for these wavelengths. Moreover, it is pos-
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sible to monitor extra parameters such as temperature and pH, by inte-
grating other sensors (e.g. ring resonators, Mach-Zehnder) next to the
absorption-sensitive spiral waveguides. This multi-parameter sensing ap-
proach would exploit the key assets of the silicon photonics platform. Sen-
sor multiplexing, however, has a trade-off with the optical power budget
as every splitting action introduces a loss penalty.
In vivo evanescent dual-beam sensing
The simplest case of sensor multiplexing is to employ a signal and a ref-
erence spiral to create an on-chip dual-beam spectrometer. By integrating
all components on a small single chip, a very high common-noise reduc-
tion can be achieved. Indeed, all environmental parameters (mechanical,
thermal, electrical) can be matched for both the signal and reference optical
path. An interesting question pops up when we consider how to create a
proper reference arm in vivo. In the ideal measurement setting, the signal
spiral and reference spiral see exactly the same sample fluid except for the
number of glucose molecules. The glucose molecules are, however, very
small and cannot be isolated easily. Thus, how can we ensure a high glu-
cose concentration at the signal spiral, while minimizing the amount of
glucose molecules at the (otherwise identical) reference spiral? The solu-
tion to this problem is the subject of chapter 7. We will show there how
the diffusion process can be used to create a glucose concentration gradi-
ent such that the signal spiral sees a high concentration and the reference
spiral a minimal glucose concentration.
3.5.3 Power budget
In this section, we will calculate the power budget for both a pre- and post-
dispersive dual-beam evanescent configuration that can be integrated onto
a silicon chip. A schematic of both configurations is shown in figure 3.17.
In the pre-dispersive configuration, the light from a laser array is combined
into one waveguide. This can be achieved with either a wavelength demul-
tiplexer (not shown in figure 3.17(a)) or by using one bus waveguide that
evanescently couples the light from all lasers (as shown in figure3.17(a)).
This light is then splitted into a signal and a reference path with an identi-
cal evanescent spiral and integrated photo-detector. In the post-dispersive
configuration, a broadband SLED is used. The light from this SLED is
split into a signal and reference channel. Both channels have an identical
evanescent spiral and wavelength demultiplexer with photodetector array.
As for the free space implant, we assume that we need 14 wavelengths to
specifically detect glucose and that either the first overtone band or combi-
nation band is probed. Secondly, we assume grating-assisted photodiodes





























Figure 3.17: Schematic of (a) pre-dispersive dual-beam evanescent sensor
configuration (b) post-dispersive dual-beam evanescent sensor configuration
the light from the individual lasers is combined using a wavelength de-
multiplexer as this is the most general configuration.
As in section 3.4.3, we limit the power budget to the optical link and the
first transimpedance amplifier stage. Still, one extra noise source will be
added to handle the dark current of the integrated photodiodes. In the
case of the first overtone band, heterogeneously integrated InP photodi-
odes can be used, which have a low dark current on the order of 10 nA.
In the case of the combination band, GaSb photodiodes need to be used,
which have a much larger dark current of approximately 2.5 µA. We can
offset this dark current by adding a current source opposite to the dark cur-
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rent in front of the transimpedance amplifier, but this current source will
generate shot noise. The minimal input power PN needed at the detector


























in which < [A/W] is the responsivity of the photodiode, NEP [W/√Hz]
the noise-equivalent power of the photodiode, ts [s] the integration time
and in,TIA [A/
√
Hz] the input-referred noise of the transimpendance am-
plifier, q the elementary charge and iD [A] the detector dark current.
The result of the power budget calculation is presented in table 3.18. We
can derive that the total required power stays below 1 mW for all evanes-
cent configurations. This is clearly advantageous compared to the free
space configurations. Still, it is important to realize that the presented cal-
culation is for the basic dual-beam system configuration. Any additional
integrated sensor, next to the signal and reference evanescent sensor, will
require more power, but can in turn increase the signal-to-noise ratio.
Transmission losses F.O. Band C.B. Band unit
spiral waveguide transmission 3.68E-01 3.68E-01
detector specs surface detector 3.00E-10 3.60E-10 m2




integration time 1.0 1.0 s
responsivity 0.7 0.7 AW
dark current 1E-8 2.5E-6 A
input referred noise 1.0E-12 1.0E-12 A√
Hz
minimal input power -85.18 -83.91 dBm
component losses demultiplexer loss 3.0 3.0 dB
SLED/laser to chip coupling 3.0 3.0 dB
coupling to photodiode 3.0 3.0 dB
Power division number of λ channels 14 14
10*log10(channels) 11.5 11.5 dB
Sensor multiplexing number of sensors 2 2
splitting 3.0 3.0 dB
Required SNR SNR 40 40 dB
Required source
power
laser array per λ 1.31 1.75 µW
SLED (14 channels) 18.3 24.5 mW
Figure 3.18: Power budget calculation for the evanescent configurations
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3.6 Electrical power consumption and heat gen-
eration
The electronic chip that is implanted next to the photonic chip has two im-
portant tasks: firstly, driving the light source and secondly, providing the
photodetector read-out. Here, we shortly discuss the electrical power that
is needed to drive the light source. Commercially available SLEDs typi-
cally require a drive current of 250 mA to yield 1 mW of optical power
[20]. Commercially available laser sources, such as a vertical cavity surface
emitting lasers (VCSEL), however, only require 2-8 mA for the same opti-
cal power [21]. Heterogeneously integrated laser sources that can deliver
up to 1 mW of output power, often have a higher threshold current in the
order of 30 mA [22]. In contrast, heterogeneously integrated laser sources
with smaller output power (< 1mW ), such as micro-disk lasers, only re-
quire a few mA driving current. With a forward voltage between 1 and 2
V for the above listed sources, the needed electrical power is on the order
of 10 mW (laser) to 100 mW (SLED). This required power can be transmit-
ted wirelessly to the implant using magnetic inductive powering. Next to
wireless powering of the implant, a wireless communication scheme can be
set up to send (calibration!) and receive (the measured signal) information.
3.6.1 Heat transfer model
For implantable sensors it is important to know that the energy dissipation
in the implant doesn’t cause substantial heating in the surrounding tissue.
In this section, we calculate the temperature distribution around the im-
plant with the software comsol R©. We assume that the sensor is implanted
subcutaneously, 1 cm under the skin. We use a 2D axisymetric heat trans-
fer model with cylindrical coordinates z and r. The software solves the
following steady-state heat transfer equation:
∇ · (−~k∇T ) = Qmetabolism +Qdriver (3.8)
in whichQmetabolism, the heat generated due to our metabolism andQdriver
the heat generated by the electronics driver circuitry. We assume that
the full electrical power is dissipated as heat in the tissue and a uniform
initial temperature distribution of 37◦C. The simulation parameters and
boundary conditions are shown in figure 3.19. The internal heat can escape
through the skin to the outside air. When we simulate a laser source with
Pdriver = 10 mW, see figure 3.20(a), we have a negligible temperature rise
in the tissue around the sensor. However, when we employ a SLED source
with Pdriver = 100 mW, see figure 3.20(b), the temperature in the immedi-
ate vicinity of the sensor rises to 40◦C. This is a substantial rise compared
to the body temperature of 37◦C and might cause detrimental effects such
















heat transfer coefficient h = 10 W/m2 K, Tinf =20°C 
thermal conductivity k = 0.5 W/m K        
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Figure 3.19: Heat transfer model settings
as reduced cell regeneration etc. [23]. However, this is the steady-state re-
sult, so we can still minimize the build-up of heat in tissue by reducing the
measurement time.
Figure 3.20: (a) temperature distribution around sensor with 10 mW dissipation
and (b) 100 mW dissipation inside the sensor (mind the color scale)
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3.7 Conclusion
In this chapter, we gave an overview of the key aspects of an implantable
dispersive spectrometer: the system configuration, bio-compatibility of the
used materials and the electrical and optical power budget. To design a
complete spectrometer system, the following minimal set of design ques-
tions need to be answered, while keeping the power budget in mind:
• Do we use a pre- or post-dispersive configuration?
• How many sensors and what type of sensors do we use?
• Which sample interface do we use?
• How do we guarantee the glucose supply to our sensor?
• Can we implement an energy- and footprint efficient modulation scheme?
We have shown that the presence of tissue in the light path poses impor-
tant problems. First of all, due to strong scattering we have large optical
losses. Secondly, the tissue will introduce a distribution of path lengths
that, through Beer-Lambert’s law, can only yield an approximate glucose
value. Finally, when tissue is probed, we also measure the (limited) glucose
content in cells, whereas only the ISF glucose level is relevant for the glu-
cose sensing application. This has led to the conclusion that a membrane is
needed to eliminate the cells from the light path. The membrane needs to
be carefully selected to ensure good bio-compatibility and a steady glucose
supply, while blocking large interferents. The membrane is not only neces-
sary in the case of a free space sample interface, but also to keep the surface
of an evanescent sensor accessible for glucose molecules. It was decided to
pursue an evanescent sensor because of the superior sensor multiplexing
capabilities and the minimal risk for sensor delay due to slow glucose dif-
fusion. This way, not only a dual-beam system can easily be implemented,
but additional environmental parameters can be monitored as well. This
multi-parameter sensing can benefit the glucose detection limit by tracking
e.g. the interfering water spectrum in response to temperature variations.
In this thesis, we haven’t exploited this multi-parameter sensing yet, but
we demonstrate in the following chapters the potential of both single and
dual-beam pre- and post-dispersive evanescent sensors for near infrared
absorption spectroscopy.
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Evanescent Sensing
Evanescent sensing is the general term for the detection of changes in the
environment of a waveguide, by extraction of the information carried by
the evanescent field of a waveguide mode. These environmental changes
can always be translated into a variation in the complex refractive index of
the waveguide cladding. As the evanescent field of the waveguide mode
extends into the cladding, refractive index alterations are picked up and
influence the propagation constant of the waveguide mode. Changes in
the real part of the propagation constant impact the phase velocity of the
mode, whereas changes in the imaginary part represent modal losses (or
gain). As we are interested in absorption spectroscopy, only the variations
in the imaginary part of the propagation constant due to molecular absorp-
tion in the cladding are of interest.
The variations in the refractive index of the cladding can be described as
a perturbation δn(x, y) to the refractive index profile of the waveguide
n0(x, y). This perturbation is complex as the cladding can introduce losses.
To describe the relation between (small) changes δn and the resulting changes
in the propagation constant β of the waveguide mode, perturbation analy-
sis can be used [1]. For a waveguide with geometrical cross-section S, this






(e0 × h0) · uzdxdy (4.1)
The cross-section S of the waveguide is taken perpendicularly to the waveg-
uide propagation direction z (S ⊥ z). In this equation 4.1, x and y are the
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transverse dimensions, uz the propagation direction vector, ω the angular
frequency, 0 the vacuum permittivity, n0(x, y) the (real) refractive index
profile of the waveguide and e0, h0 are the modal fields. When the pertur-
bation in refractive index δn only takes place in the cladding, the integral in
the numerator of this equation reduces to the cladding area as δn(x, y) = 0
in the rest of the waveguide cross-section S.
The expression 4.1, however, needs to be incorporated into Beer-Lambert’s
law, which is customary for absorption spectroscopy. Hence, to initiate
this chapter, we will show how we can modify Beer-Lambert’s law to suit
evanescent absorption spectroscopy. Next, we study the influence of the
waveguide design on the sensitivity of this method. We then investigate
how sensitive this method is for changes in the waveguide’s refractive in-
dex profile which aren’t related to glucose absorption. We continue this
chapter with a short discussion on the use of optical cavities for evanescent
sensing and present a set of measurement results that clearly demonstrate
the potential of evanescent detection.
4.1 Beer-Lambert law for evanescent sensing
We have seen in section 2.1.3 that the transmission of a light beam through
a uniform medium can be expressed through Beer-Lambert’s law. The light
beam is uniformly subjected to the absorption events in the medium. For a
waveguide mode, however, only the photons in the evanescent field can be
absorbed. In addition, the waveguide mode has propagation losses due to
the waveguide’s structure and core materials. The latter losses are gener-
ally termed waveguide losses. The total loss for a waveguide mode is thus
the sum of both absorption (αs) and waveguide losses (αwg). The Beer-




In this notation, the modal absorption loss αs is purely caused by absorp-
tion in the cladding and all other modal losses are part of αwg . We now
need to find an expression that relates αs to the imaginary part of the
cladding’s refractive index. To start this derivation, we assume a waveg-
uide with a purely real refractive index profile n0, with a cladding with
complex refractive index nclad. We consider the waveguide mode with
effective mode index neff for evanescent sensing. The imaginary part
=(neff ) is non-zero due to losses in the cladding. This becomes evident
when we rewrite equation 4.1 using δβ = k0δneff = k0=(neff ), k0 = ω√0µ0









(e0 × h0) · uzdxdy (4.3)
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To simplify this expression, we introduce the concept of a confinement fac-
tor Γ, that is defined as:
=(neff ) = Γ=(nclad) (4.4)










(e0 × h0) · uzdxdy (4.5)
Note that the integral in the numerator is limited to the cladding area as
only here δn = =(nclad) 6= 0. The denominator is the power flow through
the geometrical cross section S of the waveguide.
Now that we have defined this confinement factor, we can easily rewrite





=(neff ) = 4pi
λ
Γ=(nclad) = Γαclad (4.6)
When we assume that the cladding has no scatter points such that the
losses are purely caused by absorption events, we can rewrite αclad in





Finally, the Beer-Lambert law for evanescent absorption spectroscopy can
be stated as:
I = I0e
−Γ ln(10)∑i iciLe−αwgL (4.8)
It is important to know that both the confinement factor and waveguide
losses are wavelength dependent. Therefore, the measured transmission
spectrum is shaped both by the molecular absorption features and the
wavelength-dependence of Γ and αwg .
4.1.1 Spiral length
A similar derivation as presented in section 2.3.3, yields an optimal inter-




Γ ln(10) ·∑i ici + αwg (4.9)
For a typical confinement factor Γ=0.1, an aqueous cladding and waveg-
uide losses of 2 dB/cm, the waveguide length is on the order of 1 cm for a
wavelength of 1590 nm. This is a considerable length given the small size
of a silicon-on-insulator chip. Therefore, the waveguide is routed into a
spiral to reduce the footprint.
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4.1.2 Sensitivity of evanescent absorption spectroscopy
It is insightful to discuss the two physical mechanisms that determine the
sensitivity of an evanescent sensor. To start this discussion, we rewrite the
denominator in the expression of =(neff ) 4.3 as in [2]:
∫∫
S
(e0 × h0) · uzdxdy = vg
∫∫
S
n20 |e0|2 dxdy (4.10)
in which vg is the group velocity and n0, the (real) refractive index profile
of the waveguide. This formula does not take into account material dis-
persion. The change in the effective index of the mode due to a change in
absorption in the cladding can then be written as:







We note that this is the product of two terms: the first term is the group
index ng , related to the group velocity of the light vg = c/ng . If light can
be temporally confined (e.g. bouncing back and forth in a cavity), leading
to a lower vg , this will enhance the light attenuation for a given structural
sensor length (as opposed to the complete path that the light has traveled).
Researchers have used this temporal confinement effect in e.g. photonic
crystals to reduce the footprint of evanescent sensors [3]. The second term
is related to the spatial confinement of the electric field energy density in
the cladding. This spatial confinement can be stimulated by an increase of
the electric field in the cladding.
The normal component of the electric displacement field must be continu-
ous at the core cladding interface. This means that the normal component




in which ecore is the normal component of the electric field at the core side.
For a waveguide integrated on SOI and immersed in water, this results in






It is thus beneficial for evanescent sensors to work with a high index con-
trast material platform.
Note that the confinement factor Γ is a measure for both the temporal and
spatial confinement and should be maximized to enhance the evanescent
sensitivity. In the next section we will, therefore, compare evanescent sen-
sor designs in terms of their confinement factor and waveguide losses.
EVANESCENT SENSING 79
4.2 Evanescent sensor design
In this section, we introduce some basic properties of the evanescent field
itself which influence the sensor design. In addition, we evaluate which
waveguide design and choice of optical mode is best suited for evanescent
absorption spectroscopy. We will limit ourselves to the design space that
is allowed by the fabrication process at imec [4]. This process is in line
with CMOS industry standards and therefore allows reproducible, low-
cost mass manufacturing of high quality optical chips. In addition, we
limit ourselves to single-mode waveguides in which we excite either the
quasi-TE or quasi-TM mode.
4.2.1 Evanescent field
The evanescent field of a waveguide mode is an exponentially decaying
field with distance d from the core surface. A small part of the evanes-
cent field is located below the core and cannot be used for sensing. The
evanescent field in the cladding Eclad can be described as follows:
|Eclad| = |E0| · exp(−κd) (4.12)
in which, |E0| is the E-field at the core/cladding interface and κ is the decay






n2eff − n2clad (4.13)
The evanescent field intensity thus has a certain penetration depth d = 12κ
in the cladding. The waveguide mode is effectively isolated from changes
beyond this depth. The larger the refractive index contrast between core
and cladding, the smaller the penetration depth. When we calculate this
penetration depth for the TE-mode of a standard 450 nm wide x 220 nm
high SOI waveguide with water cladding, we obtain d=62 nm at a wave-
length of 1590 nm. This small penetration depth has two consequences:
firstly, only a very small sample volume is needed for sensitive detection.
For a straight 1 cm long standard waveguide, the strictly needed volume
is only 1 pL. Researchers therefore like to quote the number of molecules
or equivalent mass that they can measure with evanescent sensors rather
than the concentration. Secondly, the silicon surface has to remain accessi-
ble. Any thin layer of adherents will reduce the sensitivity of the sensor as
molecules need to be within the penetration depth in order to be sensed.
4.2.2 Simulation settings
We use the eigenmode expansion tool CAMFR (CAvity Modelling FRame-
work) for simulations of both the effective mode index neff and the con-


















Figure 4.1: Simulation settings for the calculation of the confinement factor
the waveguide stack: nox=1.444, nsi=3.477 and nclad = nH2O=1.315+=nclad,
unless stated otherwise. The confinement factor is calculated according to
equation 4.4 with =nclad = −1.23e−8 (quite arbitrarily). The simulation
settings are shown in figure 4.1 and tested for convergence. The bottom
silicon layer is not incorporated, as this will influence =neff through sub-
strate leakage. We limit the wavelength range for which we simulate the
confinement factor to the range that we have addressed in the glucose sens-
ing experiments that are detailed in chapters 6,7. This wavelength range
was mainly limited by the emission window of the available stable light
sources.
4.2.3 Waveguide width
The fabrication process at imec offers a fixed waveguide height of 220 nm,
but a user-definable waveguide width. Therefore, we will simulate the
confinement factor in function of the waveguide width. This simulation
is performed for the fundamental quasi-TE mode at three wavelengths:
1.55 µm (the traditional telecom-wavelength), 1.59 µm (the peak absorp-
tion wavelength of glucose) and 1.65 µm (interesting for biodiesel detec-
tion) and the fundamental quasi-TM mode at 1.59 µm. To ensure single-
mode behavior the waveguide width is varied between 0.45 µm and 0.65
µm. At wider waveguide widths, the first order TE mode can propagate
as well. The result of the simulation is presented in figure 4.2. We can see
that the confinement factor decreases with increasing waveguide width as
the mode gets stronger confined to the core of the waveguide. In addition,
the confinement factor increases with increasing wavelength, as the mode
expands more at these larger wavelengths.
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Figure 4.2: Variation of the confinement factor with waveguide width for the
quasi-TE mode at three wavelengths:1.55 µm, 1.59 µm and 1.65 µm and for the
quasi-TM mode at 1.59 µm.
4.2.4 Optimal waveguide mode
In integrated rectangular waveguides, two fundamental modes exists: the
quasi-TE and the quasi-TM mode. To illustrate the difference between the
quasi-TE and quasi-TM mode, we plot the countour lines of the dominant
field components for a 500 nm wide waveguide immersed in water in fig-
ure 4.3. It is clear that the TM mode is more sensitive to the top surface of
the waveguide whereas the TE mode is more sensitive to the sides of the
waveguide. To compare both modes, we simulate the confinement factor
in function of wavelength for a given waveguide width of 500 nm, 550 nm
and 600 nm. The result is shown in figure 4.4.
It shows that the confinement factor for the quasi-TM mode is high for all
wavelengths, but reaches an optimum point. This is a different trend than
the steady increase with wavelength for the quasi-TE mode in figure 4.4.
In addition, in figure 4.2 is shown that the confinement factor for different
waveguide widths for the quasi-TM mode at a wavelength of 1590 nm is
higher than for the quasi-TE mode in the identical setting. It is thus bene-
ficial for evanescent sensing to excite the quasi-TM waveguide mode.
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Figure 4.3: Contour plot of the dominant (a) Ex component of the quasi TE mode
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Figure 4.4: Confinement factor for the (a) quasi-TE mode and (b) quasi-TM mode
in function of wavelength for 500 nm, 550 nm and 600 nm wide wire waveguides
immersed in water
Nonetheless, the wavelength demultiplexers that are used throughout this
work have better performance for the quasi-TE mode. Due to its high con-
finement factor, the TM mode is much more sensitive to small thickness
variations in the free propagation region of the wavelength demultiplexer,
leading to phase errors. Given that the evanescent spiral needs to be incor-
porated with the TE-based wavelength demultiplexer, we have focused in
this work on evanescent sensing with the quasi-TE mode.
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Figure 4.5: Silicon-on-insulator (a) wire waveguide and (b) rib waveguide and (c)
linear taper (from [7])
Two waveguide types can be fabricated at imec: either wire waveguides or
rib waveguides (also referred to as shallow waveguides). Both are depicted
in figure 4.5. A linear taper, as shown in figure 4.6 can be used to con-
Figure 4.6: Linear taper to adiabatically convert the wire waveguide mode to a rib
waveguide mode and vice versa(from [7])
vert between these two waveguide types. The performance of both types
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for evanescent sensing is influenced by the following parameters: confine-
ment factor, waveguide loss and sidewall roughness. The latter two are re-
lated as low loss waveguides typically have a lower sidewall roughness[8].
When the waveguide loss is low, while a reasonable confinement factor is
present, the spiral length can be increased. This leads to a higher sensitiv-
ity due to the enhanced interaction with more glucose molecules.
The waveguide loss for 450 nm wide wire waveguides with air cladding
varies from wafer to wafer, but is about 2.5 dB/cm [9]. For rib waveguides
with the same width, the waveguide loss can be lower due to a reduced
modal overlap with the side-walls of the waveguide [8]. The roughness
of these side-walls have a strong impact on the propagation loss due to
scattering losses. For the samples that we have used in this work, we mea-
sured an air-clad rib waveguide loss of 3 dB/cm. When a waveguide is
immersed in water, the intrinsic waveguide loss will decrease due to the
smaller index contrast between the core and cladding. This effect is clear
when oxide-clad spiral waveguides losses are measured. In this case the
(measured) propagation loss reduces to 2.2 dB/cm and 0.5 dB/cm for re-
spectively 450 nm wide wire and rib waveguides.
The confinement factor for the quasi-TE mode of (water clad) wire and
rib waveguides with a similar waveguide width for a wavelength of 1590
nm is compared in figure 4.7(a). In addition, we simulated the confinement
factor for wire and rib waveguides for a fixed width of 500 nm and 600 nm
and different wavelengths. The results are shown in figure 4.7(b).
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Figure 4.7: Confinement factor of the quasi-TE mode in function of (a) waveguide
width and (b) wavelength for wire and rib waveguides immersed in water
The rib waveguides have a lower confinement factor, but allow a more
tolerant design to waveguide width variations due to fabrication process





with w the waveguide width, compared to wire waveguides. Based on
the optimal spiral length for both a water-clad 450 nm wide wire and rib
waveguide, we calculated the (evanescent) absorbance of 1 mM of glucose
in both cases for a wavelength of 1590 nm. The wire waveguide only has
a 0.4% higher absorbance value, giving it a small advantage in terms of
evanescent sensitivity.
The last parameter, sidewall roughness, has proven to be critical for evanes-
cent sensing. The experimental results, presented in chapter 6, show that
the sidewall roughness introduces spurious reflections. These in turn trans-
late into a very dense interference pattern in the transmission spectrum
when measured with a coherent light source. As the sidewall roughness








Figure 4.8: Contour plot of the dominant Ex field of the quasi-TE mode of a slotted
waveguide
Slotted waveguides, as shown in figure 4.8 can also be considered for evanes-
cent sensing. This type of waveguide has the advantage of a very high
electric field density in the slot, which enhances the evanescent sensitivity.
In the PhD of Tom Claes [10], slotted waveguides with a slot of 100 nm and
210 nm strip width were investigated for evanescent (real) refractive index
sensing. It reported a confinement factor of 0.77, but a waveguide loss of
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oxide-clad waveguides of 12 dB/cm. In water-clad waveguides this loss
should be even higher due to the higher index contrast.
If we calculate the optimal spiral length based on these parameters for
a wavelength of 1590 nm, we obtain Lopt = 1.2 mm, compared to 4.85
mm for a standard 450 nm wide wire waveguide. Based on these lengths,
we calculated the (evanescent) absorbance (see also equation 2.5) of 1 mM
of glucose (=cg) for both the slotted (Aslot) and standard wire waveguide
(Awire):
A = (gcgLopt − fwH2OcgLopt) · Γ (4.14)
The result is that the wire waveguide has a 14% higher absorbance value,
illustrating that the high electric field density in the cladding is countered
by the large propagation losses (shorter Lopt).
4.2.7 First overtone band versus Combination band






























Figure 4.9: Confinement factor of the quasi-TE mode in wire waveguides in
function of wavelength for the first overtone band (FO) and combination band
(CB), (b) normalized 1 mM glucose evanescent transmission spectrum for the FO
and CB.
As glucose has absorption features in both the first overtone band (FO,
1500-1850 nm) and the combination band (CB, 2050-2350 nm), it is interest-
ing to compare both in terms of evanescent sensitivity. We will compare
a standard 450 nm wide wire waveguide for the first overtone band with
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a 800 nm wide wire waveguide for the combination band. Throughout
this research 800 nm wide waveguides were used for sensing experiments
and the design of wavelength demultiplexers for the combination band.
More about waveguide design for the combination band can be found in
the next chapter 5. A simulation is performed for the confinement factor
of the quasi-TE mode of the wire waveguides in an aqueous environment.
This time, the material dispersion is taken into account so that the refrac-
tive index of the oxide, silicon and water layer varies with wavelength.
The result is shown in figure 4.9. It shows that, for the given waveguide
dimensions, the confinement factor in the FO is slightly higher than in the
CB.
The waveguide losses for an 800 nm wire waveguide with oxide cladding
amount to 0.8 dB/cm for the combination band, whereas the 450 nm wire
with oxide cladding has 2.1 dB/cm loss, for the lower part of the first over-
tone band (≤ 1.65µm). The combination band, thus, clearly has an advan-
tage in terms of waveguide losses.
From the waveguide losses and the confinement factor, we calculate the
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Figure 4.10: Normalized 1 mM glucose evanescent transmission spectrum for the
FO and CB.
optimal spiral length using equation 4.9 for the peak glucose absorption
wavelengths (1.59 µm and 2.11 µm). An optimal spiral length of 4.85 mm
and 2.27 mm is obtained for the FO and CB respectively. Next, we calculate
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the change in transmission due to a 1 mM glucose solution according to:
Tg = 10
−Ag·Γ = 10−(gcgL−fwH2OcgL)·Γ (4.15)
and normalize this 1 mM glucose transmission to the first wavelength, 1550
nm and 2050 nm, of the FO and CB respectively. The result is plotted in
figure 4.10. It shows clearly that the combination band has an advantage
in terms of evanescent sensitivity for glucose, as the absorption features
are larger and more pronounced.
4.2.8 Nonlinear effects
To improve the signal-to-noise ratio of the evanescent sensor, the power
in the waveguide can be increased, such that the change in detected power
due to glucose absorption increases. The upper limit of power in the waveg-
uide is given by the onset of nonlinear effects. For a standard 450 nm wide
wire waveguide, the power limit is ≈50 mW [11]. At this power, a nonlin-
ear waveguide loss of 3 dB/cm at 1550 nm is generated.
4.3 Influence of environmental changes
For our glucose sensor, it is important to know how the sensor reacts to
variations that are not caused by glucose absorption. According to equa-
tion 4.8, the measured transmission spectrum can be influenced by varia-
tions in the confinement factor or waveguide losses. Both can be translated
into a change in the waveguide refractive index profile n0. In this sec-
tion we will, therefore, investigate how n0 is influenced by environmental
changes. Two situations can be distinguished: either only the cladding
is affected or the complete waveguide stack is affected. As an example
for the first case, glucose can influence the (real) refractive index of the
cladding, but doesn’t change the refractive index profile of the SOI. Con-
trary, a change in temperature will affect both the cladding and the SOI
through the thermo-optic effect. Both effects are investigated using sim-
ulations. These are performed for the quasi-TE mode of a 450 nm wide
rib waveguide, as this is the waveguide that we have used for our glucose
sensing experiments. Following refractive indices for the waveguide stack
are used: nox=1.444, nsi=3.477 and nclad = nH2O=1.315+Re(δn).
4.3.1 Concentration changes
Based on the theory of electrostatics of dielectrics by L. Landau [12], the
dielectric permittivity mix of a diluted solution can be written as:





in which solvent and solute are the dielectric permittivity of respectively
the solvent and solute molecules. This expression is correct to the first or-
der of C, with C the concentration of the solute. The change in refractive
index of a mixture, due to a change in solute concentration, can thus be
written as ∆n = δnδC · ∆C. This implies that when more solute molecules
are present, the confinement factor can change through a change in the ef-
fective index of the waveguide mode, which was influenced by the change







we can derive following expression for the error in the concentration esti-















The only parameter in this expression, next to Γ, that we can influence is
δΓ
δn . Therefore, we simulated for small δn, how large this derivative is in
function of wavelength. The result can be written as the linear relation:
δΓ
δn
= 0.043λ(µm)− 0.001 (4.19)
A small numerical example teaches us that this effect is negligible for glu-
cose variations ( δnδC = 2e
−5RIU
mM ), detected at a wavelength of 1.59 µm: for a
variation in the glucose concentration of 20 mM (maximal change in vivo),
we expect an error in the order of 1.5µM on the true glucose concentration
of 5.5 mM.
4.3.2 Thermal changes
It is well-known that the refractive index of a material depends on the tem-
perature ( δnδT 6= 0). In the case of silicon, this thermo-optic effect is rather
strong with δnδT = 1.86 × 10−4K−1 [13]. Similar to equation 4.18, we can







We have used information on δnδT for water, silicon and SiO2 from refer-
ences [14, 15, 16] to calculate δΓδT .
δΓ
δT
= −8.64e−5λ(µm) + 1.2035e−4 (4.21)
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δT . Given the expected change in temperature in the lab, its influence
on the measured glucose concentration is negligible. In addition, for an
implantable evanescent sensor, we have the advantage that the body tem-
perature is well-regulated. The performance of other components in the
implant, such as the source and wavelength demultiplexer, can be more
dependent on temperature, but this is not further investigated in this work.
4.3.3 Flow speed
There is one experimental setting that might influence the sensor surface: a
change in flow speed above the sensor. In the glucose sensing experiments,
we use microfluidics for the glucose supply to the evanescent sensor. This
can introduce noise as the flow/pressure in the microfluidic channels isn’t
necessarily stable throughout the whole experiment. We have tested with
ring resonators (which are very sensitive to refractive index variations)
that when the pump is switched on and off to a flow speed of 25 µL/min,
that the effective index of the wire waveguide mode alters by 3.25e-5 RIU.
This is a small value. In addition, we also tested with spiral waveguides
what the influence is of a change in microfluidic pump speed on evanes-
cent sensing. These experimental results can be found in chapter 6, section
6.4.2. Still, in vivo there won’t be any substantial flow (in comparison to
the 25 µL/min) above the sensor surface.
4.3.4 Dual-beam design
Typically, a dual-beam system is used to compensate for environmental
changes. Key to optimal dual-beam performance, is the similarity between
the refractive index profile of the signal and reference spiral. By putting the
signal and reference spiral close together on the same chip, we can mini-
mize differences caused by the fabrication process or temperature. This
will also reduce the impact of spatially inhomogeneous environmental fac-
tors.
4.4 Cavity enhanced detection
Due to the high index contrast of the silicon photonics platform, optical
cavities are easily created. It is possible to use these optical cavities for
evanescent sensing. This is typically called cavity-enhanced sensing and is
a popular technique for mid-IR gas sensing applications [17, 18]. This ap-
proach has the advantage that the sensor footprint is strongly reduced [19].
Indeed, in a high-quality cavity the light bounces back and forth such that
the total interaction length with the sample is large, even for small cavity
dimensions. The sample loss can be calculated by fitting the theoretical
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transmission spectrum of the cavity to the measured spectrum [20].
Due to the cavity, we can only extract loss information for a set of wave-
lengths separated by the free spectral range (FSR = λ
2
ngL
) of the cavity
with round trip length L. The measurement resolution δλ thus equals the
FSR. This introduces a design limitation, as the round trip length can
then no longer be designed separately from the resolution. Still, the round
trip length should be optimized, by equaling the total traveled path length
(Leff = Γ Qλ02pineff ) to the optimal interaction length (equation 4.9). Another
concern is that, for glucose detection, this approach needs a widely scan-
ning laser source. This type of source is still a challenge for the silicon
photonics platform. Therefore, although promising results have been pre-
sented using this technique [21], we did not consider cavity sensing for
glucose.
4.5 Measurement results
To demonstrate the evanescent sensing principle, we report here on our
measurements of pure liquid poly-ethylene glycol (PEG) samples in the
first overtone band (FO) and the combination band (CB). This liquid poly-
mer has clear absorption features both in the FO and CB and is therefore
a good test molecule. The structural formula is shown in figure 4.11. The
encircled part is responsible for the strong absorption features.
Figure 4.11: Structural formula of PEG
4.5.1 Measurement set-up
The measurement set-up was a single-beam configuration with a broad-
band light source and optical spectrum analyzer (OSA). In the case of the
first overtone band, high signal-to-noise ratio (SNR) measurements could
be achieved thanks to a strong and stable SLED source. In contrast, for
the combination band, we had to use a laser source pumped below thresh-












Figure 4.12: (a) measurement set-up for single-beam evanescent absorption
spectroscopy (b) close-up of the fabricated evanescent sensor.
rather low SNR. The fabricated evanescent sensor and set-up is shown in
4.12. Grating couplers are used to couple light from a near-vertically opti-
cal fiber into the plane of the SOI chip. A thick cover layer of SU8 (50 µm)
is used to create a container for the applied liquid. Two openings in the
SU8 layer are created to serve as a container for glue. This way, the optical










































Figure 4.13: Measurement of (a) the first overtone band transmission spectrum of
PEG and (b) combination band transmission spectrum of PEG
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We have measured pure PEG with a 1 cm long 450 nm wide rib waveguide
in the FO and a 1.28 mm long 800 nm wide wire waveguide in the CB. The
result is shown in figure 4.13. What is plotted is the raw measurement data
without any averaging. It is clear that we can resolve the absorption fea-
tures nicely over a wide wavelength range. The strong transmission drop
at 2.2 µm is typical for polymers and also visible in the absorption spectra
of the biocompatible materials PDMS and PMMA. To compare the mea-
sured absorption features, we measured the same PEG sample with a high-
performant FTIR (Agilent 680 Series). For these measurements, we used 1
mm and 2 mm glass cuvettes and subtracted both absorbance measure-
ments to eliminate the influence of the glass. This yields the absorbance of
1 mm pure liquidAFTIR = −log10(T1mm). We then calculated the expected
evanescent transmission spectrum using the following formula:
TFTIR = 10
−Γ·AFTIR1mm Lspiral(mm) (4.22)
in which Γ is the simulated confinement factor for the used waveguide
type. It is clear from figure 4.13 that although our measurements are more
noisy, we obtain a good match with the reference FTIR measurements.
4.6 Conclusion
In this chapter, we showed how the Beer-Lambert’s law can be modified
for evanescent absorption spectroscopy. This was possible by introducing
the confinement factor Γ. This factor incorporates the two physical mech-
anisms that enhance the evanescent sensitivity: temporal and spatial con-
finement. Thanks to the high index contrast of the silicon photonics plat-
form, the spatial confinement is high and can be tuned easily by changing
the waveguide dimensions. We have studied which (single-mode) silicon-
on-insulator waveguides with 220 nm thickness are optimal for evanescent
sensing. This resulted in the following conclusions:
• narrower waveguides offer a higher confinement factor Γ due to the
mode expansion into the cladding.
• ridge waveguides are preferred over wire and slot waveguides, thanks
to the low propagation and scattering losses and reasonably high Γ.
• the quasi-TM mode is preferred over the quasi-TE mode thanks to
the very high Γ.
• the combination band offers better prospects for glucose detection.
Based on these conclusions, we can select the optimal sensing configura-
tion for glucose detection. Given that we do not have a stable source for the
combination band, we need to design for the first overtone band. For this
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wavelength range, the quasi-TE mode of a 450 nm wide ridge waveguide
is then optimal for sensing, as the quasi-TM mode is not considered for
future sensor integration with highly performant TE wavelength demulti-
plexers. For this quasi-TE mode, we investigated the sensitivity of the con-
finement factor to refractive index variations in the cladding and thermal
variations. It was found that thermal variations can be neglected compared
to the refractive index variations. We discussed shortly the use of optical
cavities and ended this chapter with experimental results of a single-beam
evanescent SOI sensor in both the first overtone band and combination
band. These results show that evanescently measured transmission spec-
tra are in good agreement with high SNR FTIR reference measurements
and demonstrate the feasibility of evanescent molecular detection.
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Whereas spectrometers are typically bulky and expensive devices, there
is a very wide range of applications that require cheap, small-scale spec-
trometers. These miniature spectrometers can, for example, be applied for
structural health monitoring of gas pipes, in food production or fuel analy-
sis, or even medical diagnosis in remote areas. Nowadays, fully integrated
spectrometers with the size of a standard USB-stick are already commer-
cially available. One can thus ask, how and why should silicon photonics
play a role in this demand for miniature spectrometers? In essence, the
key assets and unique properties of the silicon platform have to make the
difference. The chip fabrication process has a significant cost-advantage
and offers high reliability, next to promising co-integration with electron-
ics. Therefore, silicon photonics technology can be used to produce highly
reliable spectrometers with a higher performance (e.g. higher resolution)
at an even smaller scale and cost. The development of an implantable spec-

















Figure 5.1: Development of a miniature spectrometer: (a) wavelength
demultiplexer (b) evanescent sensor with wavelength demultiplexer (c)
evanescent sensor with wavelength demultiplexer and photodiode array (d) fully
integrated spectrometer with microfluidics and electronics
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This chapter is devoted to the design and use of miniature silicon-based
spectrometers for molecular detection. Two goals were targeted with this
work:
• the development of a fully integrated spectrometer
• the extension of the SOI platform to the combination band (2-2.5 µm).
The latter goal stems from the fact that the molecular absorptivity in the
near-infrared typically increases with increasing wavelength. Therefore,
measuring at these longer wavelengths, should enhance the detection limit.
To achieve this goal, we had to redesign all standard passive components
such as grating couplers, waveguides and the wavelength demultiplexer
for these longer wavelengths. However, only passive components do not
get you a fully integrated miniature spectrometer. As shown in figure 5.1,
different levels of miniaturization are possible. Whereas a lot of literature
was available on the first level of miniaturization, the route to a fully inte-
grated SOI spectrometer was still unknown. During the GlucoSens project,
we have investigated all steps along the way and this up to the highest
level of integration (see figure 5.1(d)). For this an integrated photode-
tector array was needed. To meet both of our goals, we needed perfor-
mant photo-detectors that can cover a wide wavelength range including
the combination band. This need was resolved by the heterogeneous inte-
gration of photodiodes based on GaSb epitaxial layers.
This chapter is structured as follows: firstly, we review the state-of-the-art
in silicon-based passive wavelength demultiplexers. The developed spec-
trometers in this work use a planar concave grating (PCG) as the wave-
length demultiplexer. These can offer high performance at a small foot-
print. Therefore, we continue the chapter with a discussion on the the-
ory and design methodology for PCGs and discuss the developed passive
components for the longer wavelengths. Next, we detail on the integra-
tion of GaSb- and InP-based photodiodes on top of a set of four different
PCGs that cover the large wavelength range from 1510 to 2300 nm. Af-
terwards, we discuss the system that we developed for parallel read-out
of the spectrometers with integrated photodiodes. This is followed by the
results of our sensing experiments with these miniature spectrometers. Fi-
nally, we detail on our efforts to combine our spectrometer with electronics
and micro-fluidics to obtain a truly integrated spectrometer.
5.1 State-of-the-art silicon-based spectrometers
There is a wide variety of silicon-based spectrometers with excellent per-
formance. In this section, we selected the most prominent and ’future-













Figure 5.2: Microscope picture of a (a) planar concave grating and (b) arrayed
waveguide grating integrated on a silicon-on-insulator chip. (adapted from [1])
5.1.1 Planar concave grating
The planar concave grating (PCG), also known as echelle grating, is the pla-
nar version of the classic diffraction grating spectrometer. An example is
shown in figure 5.2(a). Light from an input waveguide (slit!) enters a free
propagating region (FPR) and hits onto a curved diffraction grating that
both focuses the light and angularly disperses the light with respect to the
wavelength. The FPR is a slab waveguide and the grating teeth are etched
into this slab. The PCG channels have a gaussian-like spectral response.
The operation can be modeled using grating theory, which describes how
the interference of multiple light contributions, each with a different phase
delay, causes a spatially varying pattern that depends on the wavelength
of the different light contributions. For grating spectrometers, a higher
resolution can be obtained by decreasing the size of the aperture and by
increasing the focal length, thus size of the FPR.
Pioneering work on PCGs using the SOI platform, was done by W.H. Wang
[2], followed by Joost Brouckaert [3, 4] and others [5, 6, 7]. Thanks to the
high index contrast and dimensions of the SOI platform, the typically high
insertion losses due to the non-verticality of the grating teeth are avoided.
The grating teeth are blazed to increase the reflection for the chosen grating
order[8]. Currently, the performance of PCGs is limited by phase errors ac-
cumulated in the FPR. These originate in small thickness variations of the
slab waveguide. Insertion losses on the order of 2 dB and crosstalk levels
between -15 dB (footprint≈ 1mm2) and -30 dB (footprint≈ 0.01mm2) have
been demonstrated[3, 4].
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5.1.2 Arrayed waveguide grating
The most frequently used type of integrated wavelength demultiplexer
is an arrayed waveguide grating (AWG), also known as phased array or
waveguide grating router. An example of an AWG is shown in figure
5.2(b). It consists of two star couplers with a FPR and a set of delay lines
with a constant length increment ∆L. The operation can also be described
using grating theory. This device was invented by Meint Smit [9, 10] and
transferred to SOI technology by T. Baba [11] and others [12, 13, 14]. For an
overview of the design trade-offs, we refer to [15]. The insertion losses can
be reduced up to 0.53 dB and the crosstalk level can be as low as -25 dB[16].
To obtain a flat-top spectral channel response, rather than a gaussian-like,
the input aperture of the first star coupler can be replaced with a multi-
mode interference coupler[17]. Similar to PCGs, the performance of SOI-
based AWGs is limited by phase errors due to small dimensional changes
in the delay lines. For larger devices, these phase errors become more prob-
lematic.
5.1.3 Slow light enhanced spectrometers
(a) (b)
Figure 5.3: (a) conceptual drawing of a slow-light enhanced AWG and (b) a
photonic crystal waveguide (both images from [18])
To reduce the size of integrated spectrometers, the slow light enhancement
effect can be used[19, 20]. By increasing the wavelength dispersion (in-
crease group index ng) of the spectrometer, the light needs a smaller inter-
action length with the dispersive medium to obtain a given optical delay.
For AWGs, whose footprint scales linearly with 1ng , this slow-light concept
can be implemented by using photonic crystal waveguides in the delay
lines as shown in figure 5.3. Nonetheless, an experimental result of this
elegant idea is yet to be demonstrated.
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Figure 5.4: (a) Layout of an integrated FTIR and (b) operating principle (both
images from [21])
Whereas standard FTIR spectrometers have a scanning mirror, this mov-
ing element can be replaced on an integrated platform by an array of inter-
ferometers, each with a different optical delay. These interferometers can
e.g. be Fabry-Perot cavities [22] or Mach-Zehnder interferometers (MZI)
[21, 23]. In the latter case, the integrated FTIR contains a 1 × N splitter
and an array of N non-balanced MZIs, each with an increasing arm length
difference (see figure 5.4). The design is such that a monochromatic input
will generate a sinusoidal spatial distribution along the array of the upper
(or lower) MZI outputs. By extension of this principle, any input signal
is mapped onto its Fourier-transform (the interferogram). The number of
MZI’s can be determined by the fourier sampling theorem as: N = 2∆λδλ , in
which ∆λ is the spectral range of the spectrometer and δλ the resolution.
As only one output of the MZI is needed for the interferogram, the other
can be used as a signal to calibrate the spectrometer. Literature on the the-
ory and successful demonstrations of this principle on the SOI platform
can be found in [23]. Unfortunately, the loss figure and cross-talk are not
stated.
5.1.5 High resolution spectrometers
Typically, the size of integrated spectrometers grows quickly with required
resolution. This, however, compromises the spectrometer performance as
a larger size induces more losses and phase errors. To circumvent this is-
sue, either a large set of high-Q resonators can be used or a cascade of
spectrometers. A high-Q resonator has a transmission spectrum with very
sharp peaks (or dips) located at the resonance wavelengths (Q = λresFWHM ),
with FWHM the full width half max of the resonance peak. When a lim-
ited wavelength range ∆λ is required, an array of these resonators can be
used to sample the spectrum [24]. This is shown in figure 5.5. Given the
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Figure 5.5: Solutions for high resolution spectrometers: array of optical cavities
[24]
small footprint of standard SOI resonators, a high resolution but small-
sized spectrometer can be achieved. However, the location of the reso-
nances are very sensitive to fabrication imperfections and environmental
changes. Post-fabrication trimming, encapsulation and calibration of the
resonators can be used to reduce the impact of these problems. The other
approach to enhance the resolution of integrated spectrometers, cascading,
is suitable when a large spectral range needs to be analyzed. A number of
configurations have been demonstrated: either coarse filtering is followed
by consecutive stages of narrower filtering [25, 27] or a tunable narrow-
band filter is used to scan along the pass-band of a coarse wavelength de-
multiplexer [26]. An example of the first approach in which a coarse filter
is followed by a narrow filter is shown in figure 5.6(a). An example of the
second approach in which a tunable filter is used is shown in figure 5.6(b).
In this example, the FSR of the ring resonator, matches the channel spacing
of the PCG. This way, a small footprint is possible but the spectrum is not
acquired at once and additional energy is needed to tune the narrow-band
filter. When spectrometers are cascaded, care should be taken to minimize
the insertion losses of the individual filters. In addition, the filter character-
istic of the in-coupling scheme (e.g. grating couplers) should be considered
as well.
5.2 Spectrometer design
For our glucose monitoring application, we need to cover a large wave-
length range with a fairly high resolution of 3-5 nm to allow specific detec-
tion. This implies a large number of spectral channels M. The size of AWG-
based spectrometers scales with M, whereas for PCGs the size scales with
xM with x < 1 [28]. As footprint is an important feature for implantable












Figure 5.6: Solutions for high resolution spectrometers: (a) cascade of coarse and
dense filters [25] (b) tunable ring filter cascaded with a PCG for coarse filtering [26]
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to phase errors, we chose for PCG-based spectrometers. In addition, the
very high resolution realized by optical cavities was not needed and the
FTIR approach had to be developed from scratch while it doesn’t offer a
footprint advantage.
Multivariate analysis of glucose solutions typically gives a selection of im-
portant wavelengths that are not uniformly distributed across the first over-
tone band or combination band [29]. However, spectrometers have an
equal channel spacing. Therefore, we decided at the start of the GlucoSens
project to focus on the absorption peaks of glucose with a fixed channel
spacing of minimally 3 nm. Next to the glucose sensing application, also
the spectral analysis of bio-diesel was targeted. In this case, important ab-
sorption features are found at 1650 nm and 2125 nm, which can be resolved
with a resolution of 7 nm [30, 31].
In this section, we shortly discuss the design methodology that was fol-
lowed for the PCG design. We leveraged a great deal from the PhD thesis
work from Joost Brouckaert [1]. For a more detailed explanation on the
design and simulation framework for SOI PCGs, we refer the reader to
the doctoral thesis of Joost Brouckaert[1]. Our main focus will be on the
extension of his work in the telecom-wavelength range to the longer wave-
lengths up to 2.5 µm.
5.2.1 Theory of planar concave gratings
The PCG geometry is based on the Rowland configuration [32] with one
stigmatic point correction [1]. In this particular configuration, the input
and output apertures are located on a circle with radius R, whereas the
grating has a curvature of 2R as shown in figure 5.7(b). The point where
both circles meet is called the pole P. For this configuration, the grating
equation determines the direction of the diffracted light θd, given the di-
rection of the incoming light θi:




with m the diffraction order and neff the effective index of the slab mode
in which the incoming light propagates. Typically, the angles θi and θd
are chosen approximately the same (Eagle mounting [33]) to increase the
diffraction efficiency. For the Rowland configuration, the facets further
from the pole introduce aberrations[1], as the light reflected from a point
P and P′ no longer arrive at the same output (see figure 5.7(a)). This can
be reduced by introducing a one stigmatic point correction for the central
operating wavelength as shown in figure 5.7(b) [1].
The linear dispersion LD= ∆λ∆s determines the channel spacing ∆λ between





original Rowland configuration one-stigmatic point correction
Figure 5.7: (a) Rowland geometry (b) Comparison of the original Rowland
geometry with the one stigmatic point correction configuration (both from [1])









2R ·m · ng
d · cos(θd) · n2eff
=
2R · (sin(θi) + sin(θd)) · ng
λ · cos(θd) · neff
(5.2)
Because ngneff is large for SOI waveguides, a much smaller device can be
obtained for a given LD, in comparison with other material platforms.
The equation 5.2 can be used to design the PCG for a certain channel spac-
ing, alias wavelength resolution, ∆λ. The spectral operating range is lim-
ited by the free spectral range (FSR) of the PCG. Two wavelengths, sepa-
rated by the FSR, will be imaged onto the same output aperture. The FSR
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Increasing the diffraction order m, increases the linear dispersion and leads
to a higher resolution but decreases the operation range.
5.2.2 PCGs for the combination band
As mentioned, performant SOI PCGs have been demonstrated in the tele-
com range. To expand the operating range to the longer wavelengths, we
should scale all dimensions with the wavelength. However, the thickness
of the silicon layer is fixed to 220 nm by the fabrication process. Therefore,
perfect scaling is not possible and a number of elements should be changed
to the design. The following set had to be optimized: waveguides, bend
radius, DBR facets, in- and output apertures, linear tapers and grating cou-













Figure 5.8: Important design features for a planar concave grating
Low-loss waveguides
The waveguide design considerations listed in this section are the result
of a joint effort of multiple PhD students in the photonics research group
at UGent. Firstly, the core and trench width of the routing waveguides
was changed for operation in the combination band (CB). To determine the
maximal width for single-mode behavior, we simulated the effective index
at a wavelength of 2.1 µm for water clad wire waveguides with different
widths. The result is shown in figure 5.9(a). Wire waveguides with a core
width between 800 and 900 nm and 3 µm wide trenches were measured to
be low-loss (< 2 dB/cm, air cladding). A waveguide width of 800 nm was
chosen for the PCG designs, this matches the width for an evanescent spiral
for the CB that has a good confinement factor and low losses. The standard
bend radius is increased to 15 µm to avoid bending losses. We also inves-
tigated rib waveguides to serve as the input and output aperture of the
PCG. In this case, a 110 µm long linear taper (see 4.2.5) is used to convert
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Figure 5.9: Effective index in function of width for a water clad wire at λ = 2.11µm
between 800 nm wide wire waveguides and a 3 µm wide rib waveguide.
Simulations with the software FimmWave R© show that this length allows
an adiabatic mode size conversion. The loss measurement of rib waveg-
uides with a core width of 1.2 µm, an oxide cladding and bend radius of
20 µm, is shown in figure 5.10(a). High losses are present for wavelengths
between 2.2 and 2.3 µm. These originate in the strong absorption features
of the top oxide, which was deposited using plasma enhanced chemical
vapor deposition (PE-CVD). This means that the top cladding should be
optimized when these rib waveguides are to be used in the combination
band. This absorption loss is not present in the first overtone band. An-
other loss factor that grows with wavelength, is the substrate leakage. Be-
cause of the limited thickness of 220 nm and larger mode expansion for
longer wavelengths, the light can more easily leak to the Silicon substrate.
This substrate leakage was simulated using CAMFR for wire waveguides
with a width of 800 nm and 900 nm. The simulation results are shown in
figure 5.10(b). It is clear that the silicon thickness should be increased for
wavelengths beyond 2.7 µm.
Distributed Bragg Reflector grating facets
To create high reflectivity grating facets, distributed Bragg reflector (DBR)
gratings are used as shown in figure 5.8 [4]. These DBRs comprise four
periods of deeply etched grating lines. First order DBRs were simulated
and used in the > 2µm PCG designs. These first order gratings offer a
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Figure 5.10: (a) propagation loss of a 1.2 µm wide rib waveguide with top oxide
(b) propagation loss due to substrate leakage
very wide reflection band of 300 nm with R > 90%. Two center wave-
lengths were targeted: 2.11 µm, 2.32µm. These are the main absorption
wavelengths of glucose in the combination band. The reflection from the
DBRs, is calculated using CAMFR as if the facet width is infinite (2D sim-
ulation). The result is shown in figure 5.11.
Polarization dependent performance: TE vs. TM
The free propagating region (FPR) of the PCG is a slab waveguide that can
only support the fundamental quasi-TE and quasi-TM mode for the wave-
lengths that we use. The effective index of both modes differs strongly:
2.59 versus 1.59 for respectively the quasi-TE and quasi-TM mode at 2110
nm. Therefore, if both modes would be excited at the input aperture, their
image would focus onto different locations on the Rowland circle. In the
literature a few methods were developed to overcome this polarization de-
pendence, such as a polarization diversity approach[1] or compensation
regions[34]. Nonetheless, if one can choose the excited slab mode, the PCG
design can be optimized for one of both. If the quasi-TM mode is cho-
sen, an oxide top cladding is needed to prevent mode conversion losses
in the aperture tapering [35]. The advantage of the quasi-TM mode is the
higher ratio of ngneff . Based on equation 5.2, this means that the size of the
PCG can be reduced for a given LD. Still, in comparison to the quasi-TE
mode, the quasi-TM mode is much more sensitive to small deviations in
the thickness of the 220 nm high slab waveguide. The quasi-TM mode will
thus accumulate more phase errors due to small thickness variations that
result from fabrication imperfections. In [36], it was found that, although
the same PCG was measured, the crosstalk level is 6 dB lower for the quasi-
TE mode (-27 dB) due to stronger sidelobes in the spectral response of the
110 CHAPTER 5
















SiO2 250 nm etch/250 nm line
Si
SiO2 260 nm etch/280 nm line
reflection
Figure 5.11: Reflection of the DBR facet in function of wavelength for two first
order gratings
quasi-TM mode (-21 dB). We can conclude that the quasi-TE mode is pre-
ferred for better performance of PCGs.
Design strategy
As extensively studied and reported in the doctoral thesis of Joost Brouck-
aert, accumulated phase errors limit the performance of the PCG. These
phase errors are caused by fabrication imperfections such as thickness vari-
ations in the FPR. Of course, for larger wavelengths, the size of the PCG
increases for a given resolution, so that more phase errors result. There-
fore, our PCG design always started from an upper limit on the Rowland
radius R. Next, the minimal FSR and channel spacing ∆λ are fixed, as im-
posed by the targeted application. From the minimal FSR, the upper limit
of the diffraction order m can be determined from equation 5.3. For smaller
m-values, the FSR increases, but the period d for a given linear dispersion
will decrease. This small period requires smaller facets that are more prone
to fabrication imperfections. Still, smaller facets increase the channel uni-
formity, as the field at the output is the summation of the far-field profile
of each of the facets. As mentioned before, the angles θi and θd should
be chosen approximately equal to increase the diffraction efficiency. Their
nominal value should not be too large, as in this case the facets further from
the grating pole become illuminated and introduce aberrations. If the an-
gles are too small, the small Rowland radius cannot be obtained. A choice
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between 30◦ and 50◦ is advised [1]. Once all these parameters are fixed,
the aperture width and aperture spacing come into play. When the aper-
tures are small, the device can be smaller but again more facets far from the
grating pole become illuminated. The aperture size can thus be increased
until it doesn’t interfere with the size limit. Still, this increase in width will
also make the channel transmission broader. As equation 5.2 shows, the
aperture spacing ∆s is fixed as soon as ∆λ, R and the angles θi and θd are
chosen. Nonetheless, optimization of these parameters is needed to ensure
that the ∆s doesn’t become too small. This can introduce optical coupling























Figure 5.12: Straight gratings for (a) advanced passive and (b) standard passive
fabrication runs at imec
Grating couplers are very useful components that can couple light from a
near-vertically aligned optical fiber into the plane of the optical chip. At the
start of the GlucoSens project, these grating couplers had to be developed
for the combination band (CB). The grating coupler performance strongly
depends on the available fabrication etch depths for the grating grooves.
Imec offers two possible fabrication settings, denoted as standard passive
and advanced passive runs. In the former case, the 220 nm silicon layer
can be etched by 70 nm (shallow etch) or by 220 nm (deep etch). In the
latter case, an additional 160 nm thick poly-silicon layer is deposited on
top of the 220 nm silicon layer. In what follows, we shortly introduce the
operating principle of grating couplers and discuss the developed designs
and measurement results for both passive and advanced passive runs.
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Theory of grating couplers
The operation of a grating coupler (GC) can be described by the Bragg
condition that models the redirection of the k-vector of incident light due
to the periodicity of a grating. For a straight 1D grating, an incidence angle










in which nGC is the effective index of the excited grating mode and nenv
the index of the grating cladding. The grating effective index nGC can
be calculated as the effective index of the slab mode with thickness t =
tnon−etched−ff ∗tetched, with ff the fill factor and tnon−etched and tetched, the
thickness of respectively the grating line and the etch depth [37]. The fill
factor of the grating is the width of the Si grating line divided by the period
d. From the above relation we can derive that the coupling wavelength can
be tuned with the grating period. The coupling efficiency depends on the
directionality of the grating and the mode profile overlap between the fiber
mode and upward diffracted mode. This overlap can be influenced by the
width of the grating coupler and the coupling strength. When the grating
has a low coupling strength, a larger number of periods Np is needed and
the upward diffracted mode profile becomes wider. The optimal upward
diffracted mode width should match the mode field diameter (MFD) of the
fiber mode. This becomes possible by matching the grating width to this
MFD.
After the grating coupler, the light should be converted to the narrow
single-mode routing waveguides. This can be done with a relatively long
adiabatic taper. Another solution is to use focusing grating couplers[38],
for which both the in/out-coupling and mode conversion is achieved si-
multaneously. Grating couplers can be designed for both the quasi-TE
mode and quasi-TM mode. If one wants to excite the quasi-TM mode on an
air-clad SOI chip, focusing grating couplers are a necessity. This is because
a straight grating coupler in combination with an adiabatic taper suffers
from mode conversion to higher order modes at certain taper widths [35].
In our work, we have only used TE-grating couplers.
Advanced passive design
The layer stack of advanced passive grating couplers is shown in figure
5.12(a). This type of grating couplers are also labeled raised gratings. As
in the telecom range, raised gratings offer the highest coupling efficiency
for the CB [39]. The simulation and characterization results of this type
of grating were done by Nannicha Hattasan and can be found in [39]. The
main results are shown in figure 5.13. For a fill factor of 0.3, the highest effi-
ciency of -3.8 dB was obtained for λ = 2.1µm and d = 0.98µm. The typical
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(a) (b) (c)
Figure 5.13: Experimental results on raised gratings: (a) coupling efficiency for
different grating periods (b) dependency of the peak wavelength and peak
efficiency on the grating period (c) normalized coupling efficiency in function of
waveguide width (all graphs taken from [39])
3 dB bandwidth is 90 nm. We further investigated the relation between the
grating width and the coupling efficiency. The grating width should be op-
timized such that the width of the upward diffracted mode approximately
equals the mode field diameter (MFD) of the gaussian mode in the optical
fiber. This will enhance the modal overlap, hence coupling efficiency. It
was found experimentally [39] that for a wavelength of 2.2µm and a fiber











Figure 5.14: Curved grating design with (a) shallow aperture and (b) deep
aperture.
As the advanced passive process is not available for every fabrication run
and has a higher price, we investigated new grating coupler designs for the
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standard passive fabrication runs. The straight grating design is shown in
figure 5.12(b). It has deeply etched grating teeth but is coupled to a shal-
lowly etched waveguide. This strongly differs from the standard grating
coupler design that is used for the first overtone band. Those gratings have
shallowly etched teeth in a 220 nm thick waveguide and a peak efficiency
of -4.5 dB at 1550 nm for a 3 dB bandwidth of 50 nm. This design can,
however, not work in the combination band, as the index change between
a grating line and a grating etch is too small. This results in a too low
(upward) coupling strength. This is confirmed by the measured peak effi-
ciency value for this standard grating in the combination band [40]: -10.3
dB at a wavelength of 2.2µm for a period d=1.66µm.
In contrast, our straight grating coupler design offers reasonable peak effi-
ciencies of -6.5 dB for a period d=1.65 µm and ff=0.35 at a peak λ = 2.18µm,
while the 3 dB bandwidth increases to 160 nm. Similar to the raised grat-
ings, we used the optimal grating width of 20 µm. This is very wide com-
pared to the standard wire width of 800-900 nm. Hence a long taper (≈ 1
mm) is required to adiabatically convert the excited grating mode to the
wire mode.
Figure 5.15: Measured coupling efficiency of the curved grating couplers in
function of the grating period for both S (shallow) and D (deep) apertures.
To avoid the large footprint of this taper, two curved grating coupler de-
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signs were tested. These are shown in figure 5.14. Either the grating cou-
ples to a 150 nm thick waveguide aperture or to a 220 nm thick waveg-
uide aperture. Because of the effective index contrast between the grat-
ing mode and the 220 nm thick waveguide, Fresnel reflections will occur.
These reflections are much lower in the case of coupling to a 150 nm thick
waveguide. In figure 5.15 both designs are compared. The peak coupling
efficiency for oxide clad grating couplers measured at 20◦ is, however, re-
duced to -7.5 dB.
5.2.4 Measurement results
Table 5.1: DESIGN PARAMETERS OF THE INDIVIDUAL DEMULTIPLEXERS
PCG 0 PCG 1 PCG 2 PCG 3 PCG 4
center λ [nm] 1590 1550 1650 2125 2320
resolution [nm] 3.0 3.2 7 6 5
number of channels 30 8 14 16 8
wire width [µm] 0.45 0.45 0.5 0.8 0.8
aperture width [µm] 2 2 2 3 3
free spectral range [nm] 107 115 121 150 60
DBR period [nm] 340 600 340 500 540
DBR order 1 2 1 1 1
footprint [mm2] 0.83 0.56 0.24 0.54 1.04
cladding air oxide oxide oxide oxide
Here, we shortly list the design parameters and optical characteriza-
tion results from the planar concave gratings that were fabricated during
the GlucoSens project (see table 5.1). Both first overtone band and combi-
nation band PCGs for the quasi-TE mode were designed. PCG0 and PCG4
are focused on the glucose absorption peak wavelengths, whereas PCG2
and PCG3 are focused on biodiesel analysis. The latter two PCGs are pre-
ceeded by a spiral wire waveguide (for evanescent sensing) with a length
of 1.7 cm and 1 cm for PCG2 and PCG3 respectively. For the experimen-
tal characterization, we used the semi-automatic set-up that automatically
aligns the in- and output fibers above the PCG’s grating couplers, based
on their coordinates in the mask design gds-file. The output fiber is con-
nected to an optical spectrum analyzer (Yokogawa AQ6375) and the input
fiber is connected through a polarizer to a broadband light source. For the
measurements in the first overtone band two SLEDs were used, one with
a center wavelength λ=1.55 µm (PCG0, PCG1) and one with λ=1.65 µm
(PCG2). The source light was coupled using standard passive shallowly
etched grating couplers with ff=0.5, Np=25 and a period of 650 nm, 630
nm and 690 nm for respectively PCG0, PCG1 and PCG2. For the combina-
tion band, a pulsed supercontinuum source was used and grating couplers
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(see section 5.2.3) with ff=0.5, Np=25 and a period of 1.45 µm, 1.61 µm, for
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Figure 5.16: (a) Performance measures for spectrometers. (b) Optical
characterization of PCG design listed in table 5.1
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The performance metrics for a PCG are shown in figure 5.16(a) on a first
generation PCG design. In the same figure, the measurement results of the
above listed planar concave grating designs are shown. When we inspect
the insertion losses, we notice that the insertion losses are much lower for
PCG0 (-3 dB) than for the other PCGs (-5 to -7 dB). The latter were fabri-
cated in the same run and after inspection of the DBR facets using SEM
pictures, we found that the DBR facets are not fabricated properly (see fig-
ure 5.17). On the other hand, we find that PCG0 has the highest side-lobes
with an extinction ratio of only -11 dB. This is due to the large size and
air-cladding which increases phase errors. The crosstalk level of the com-
bination band PCGs could not be properly measured due to the high noise
floor, but at least -16 dB is obtained. As expected, the smallest PCG has the
lowest crosstalk (-22.2 dB for PCG2). The best loss uniformity (0.6 dB) is






Figure 5.17: SEM pictures of the DBR facets (a) not fully etched second order DBR
(b) silicon layer is thicker (260 nm) than expected (220 nm)
We used the same optical set-up to do a small detection test. We measured
the spectral response of PCG2 on an air-clad sample in the case that the
preceding waveguide spiral was empty and once when PEG was applied
to this spiral. The result is shown in figure 5.18. The absorption due to
PEG at 1620 nm is clearly visible. The drop in absolute transmission in
all channels, is due to a change in fiber height in the case when PEG was
applied. The height was increased to avoid immersion of the fibers in the
liquid polymer, as this would lead to a spectral shift in grating coupler
response.
5.3 Photodetector integration
In this section, we describe the photo-detector integration for on-chip read-
out of PCG1, PCG2, PCG3, PCG4 (see previous section). Two photo-detector
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Figure 5.18: Transmission of PCG2 with preceding spiral immersed in (red) air
and (blue) PEG. The absorption due to PEG at 1620 nm is clearly visible.
fabrication runs were organized. In the first run, GaInAsSb photodiodes
were integrated and in the second run, InP-based photodiodes. The InP
photodiode integration run was part of the work for the final demonstra-
tor of the GlucoSens project (see further section A.2). Both will be dis-
cussed in terms of responsivity and dark current. Due to the large band
gap of the used InP epitaxy, we could only use the InP photodiodes up
to 1.65 µm. The GaSb-based photodiodes on the other hand, can be used
up to 2.65 µm and thus work for both the first overtone band and combi-
nation band. The photodetector fabrication was done by Alban Gassenq
and Steven Verstuyft from the photonics research group at UGent. Both
series of fabricated chips with GaSb and InP photodiodes were used for
evanescent detection experiments.
5.3.1 Photodiode operation
To convert the optical power at the different spectrometer channels into
electrical current we use P-i-N photodiodes. This type of photodiode com-
prises a semi-conductor PN junction separated by an intrinsic, undoped
layer. Photons that are incident onto the intrinsic region can be absorbed
if the photon energy hν is larger than the material bandgap. Upon absorp-
tion, an electron-hole pair is generated. This electron-hole pair becomes
separated by the intrinsic electric field that exists across the PN junction
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where q is the elementary electric charge, hν the photon energy, δt the time
frame, Popt the incident power and η the quantum efficiency. The quan-
tum efficiency depends both on the optical and electrical properties of the







When an external bias voltage Vbias is applied across the photo-diode, the
output current can be described by:








This yields the typical IV characteristic with two regimes: a forward bias
and reverse bias regime. With a forward bias (larger than the built-in pho-
todiode potential), the electrons and holes from the P and N regions are
displaced and can recombine in the intrinsic region and generate a large
(positive) current. In the reverse bias regime, a small (negative) current ex-
ists next to the photo-current Ip. This is called the dark current or leakage
current and arises due to spontaneously generated electrons and holes in
the intrinsic region that move apart due to the built-in potential. By ap-
plying a large reverse bias, one depletes the intrinsic region from carriers
other than the photo-generated ones. This way, the detected current is less
dependent on the reverse bias.
5.3.2 Performance metrics
Three figure-of-merit (FOM) are typically used for photodiodes: dark cur-
rent, responsivity and speed or bandwidth. The bandwidth determines
how fast an optical variation can be captured. As our integrated spec-
trometer doesn’t require high-speed operation of the photodiodes for ab-
sorption spectroscopy, we are mainly interested in the dark current and
responsivity of the photodiodes. The responsivity is related to the quan-







The maximum responsivity < is obtained for η = 1.
The dark current can limit the signal-to-noise ratio of the miniature spec-
trometer as it contributes to the noise-equivalent power (NEP). The NEP is
the total noise current in divided by the responsivity (NEP = in< ) and rep-
resents the optical power that gives a signal-to-noise ratio of 1. The total
photodiode noise current is typically dominated by Johnson noise and shot
noise. Johnson noise ij is the result of thermal motion of charge carriers in
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with k the Boltzmann constant, T [K] the temperature of the photodiode,
R[Ω] the resistance giving rise to the noise and B the detection bandwidth
[Hz]. In the case of a photodiode, the shunt leakage resistor generates the
Johnson noise. The shot noise is generated due to the quantum nature of
the current, such that a current flow can be seen as the sum of many short
and small current pulses. The shot noise associated with a current i is given
by irms,s =
√
2qiB. Both the dark current and photo-current generate shot
noise. The dark current should therefore be reduced. At room tempera-
ture, the Johnson noise typically dominates over shot noise. Naturally, by
time-averaging the current signal, both the Johnson noise and shot noise
can be reduced.
5.3.3 Grating-assisted photodiodes
There exist several ways to couple the light from the silicon waveguide to
the integrated photodiode. One can use butt coupling [41, 42], evanescent
coupling [43] or grating-assisted coupling [1]. They are depicted in figure
5.19. It is the last option that is implemented, as it offers the highest fab-
rication tolerance. This is important when a high number of spectrometer
channels needs to be interrogated. To fabricate integrated photodiodes,
heterogeneous integration based on DVS-BCB (Divinylsiloxane - bis - Ben-
zocyclobutene) adhesive wafer bonding is used [41]. In this case, a layer
of the polymer DVS-BCB is used as a glue to bond the III-V epi onto the
processed silicon wafer. After the bonding, the III-V growth substrate is
removed so that the remaining P-i-N stack can be further processed. When
the BCB layer is thin, it becomes more difficult to obtain a uniform thick-
ness distribution. This can interfere with the subsequent processing steps.
Therefore, a thicker layer of BCB eases the fabrication.
In grating-assisted coupling, the photodiode is placed on top of a grat-
ing coupler that diffracts the light upwards. For this design, a thicker BCB
layer poses no problem. In the case of evanescent coupling, the BCB layer
needs to be thin (< 0.6µm), so that the waveguide mode can efficiently
couple to the III-V stack. In addition, a long interaction length is needed to
couple all of the light into the absorbing layer. For butt coupling, a short
photodiode length is sufficient to obtain efficient detection, but the fabri-
cation is more complex given the extra polymer taper and alignment re-
quirements. The advantage of both butt coupling and evanescent coupling
is the broadband operation. In the case of grating-assisted photodiodes,
we are limited by the bandwidth of the grating coupler.
High fabrication uniformity can be achieved for photodiodes that are si-
multaneously processed within a limited area. Thus, to ensure high fab-














Figure 5.19: (a) Butt-coupled photodetectors (from [41]) (b) Schematic of the
evanescent coupling mechanism (b) Schematic of the grating-assisted coupling
mechanism (from [40]).
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rication uniformity for our integrated spectrometers we should place the
grating-assisted photodiodes closely together. However, a tight packing of
the spectrometer’s output grating couplers might lead to unwanted cross-





Figure 5.20: (a) Layer stack used for the integrated photodetectors. (b) microscope
picture of the fabricated GaInAsSb photodiode array (c) SEM cross-section of the
photodiode.
In the first fabrication run, GaSb-based photodiodes are bonded on top of
the grating couplers of the four PCG designs that were discussed in sec-
tion 5.2.4. The epi-design and fabrication of the integrated GaInAsSb pho-
todiode array was done by respectively N. Hattasan and A. Gassenq. In
the doctoral thesis of N. Hattassan[40], detailed information about the het-
erogenous integration of GaSb onto silicon wafers can be found.
The active photodetector material is a quaternary GaInAsSb epitaxial layer
stack, grown by molecular beam epitaxy on a GaSb substrate [44]. This ma-
terial, and GaSb compounds in general have proven to be excellent semi-
conductor materials for the short-wave infrared (SWIR, 2 - 3.5 µ m)[45, 46].
The used III-V epi-stack has a bandgap wavelength of 2.65 µm at room
temperature and is shown in figure 5.20. The epitaxial stack is made us-
ing a reversed stack growth. It consists of a 50 nm thick p-doped (1.0x1018
cm−3) GaSb and a 50 nm p-doped (1.0x1018 cm−3) Ga0.79In0.21As0.19Sb0.81
layer as the p-zone of a p-i-n layer stack. A not intentionally doped 500
nm thick Ga0.79In0.21As0.19Sb0.81 layer is used for the intrinsic absorbing
region. The n-type region consists of 80 nm Ga0.79In0.21As0.19Sb0.81 and 80
nm of InAs0.91Sb0.09. Both are doped to 1.0x1018 cm−3. A grading layer of
40nm is used between Ga0.79In0.21As0.19Sb0.81 and InAs0.91Sb0.09. The fab-
rication details of both the epi-stack and bonding procedure can be found
in [45].
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Electro-optical characterization
Figure 5.21: Microscope picture of the GaInAsSb photodiode array on top of the
output grating couplers of four PCGs
Figure 5.21 is a microscope picture of the fabricated spectrometer chip. To
characterize the spectrometers, we use a set-up as shown in figure 5.22.
Light from a laser source with tunable wavelength is split into two paths.
A first path, with 1 percent of the input power, leads directly to an optical
spectrum analyzer. A spectrum is taken to obtain both a wavelength and
power reference of the laser input. The second path, with 99 percent of
the input power, leads to the SOI chip comprising all four spectrometers.
The photodetectors are individually probed for biasing and photocurrent
read-out using a Keithley SourceMeter.
In a first stage, we investigated the IV-curve of the photodiodes in both
the first overtone and combination band. A total of 46 photodiodes were
characterized with a failure of only 2 photodiodes. This proves the robust-
ness of the fabrication process. The mean photodiode dark current at room
temperature at a bias voltage of -1 V is around -2.5 µA for a mesa size of
17x50 µm2 and -3 µA for a mesa size of 26x64 µm2. The I-V curves for
a photodiode for various input power levels at a wavelength of 1530 nm
and 2324 nm are displayed in figure 5.23. The input power as set in the
top X-axis, is calibrated for polarization and on-chip losses (grating effi-
ciency, waveguide loss and PCG insertion loss), whereas the inset contains
the laser power before entering the optical chip. We obtain an on-chip re-
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Figure 5.22: Schematic of the measurement set-up for the electro-optical
characterization of the photodiodes.
sponsivity of 0.61 A/W at the bias voltage of -0.5 V for λ = 1530 nm. For
λ = 2324 nm, we obtain an on-chip responsivity of 0.7 A/W at a bias volt-
age of -0.5 V.
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Figure 5.23: IV-curves for an integrated GaInAsSb photodiode at a wavelength of
1530 nm (a) and 2324 nm (b) at different input power levels. The inset contains the
laser power before entering the optical chip. The top X-axis refers to the optical
power at the input of the grating coupler with integrated photodiode.
We also studied the photodiode detectivity D∗ and NEP at zero bias and at
room temperature. In this case, the photodiode noise is limited by Johnson






with R0 the photodiode resistance at zero bias and A the mesa size of
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the photodiode. For the photodiode in the first overtone band, we ob-










. For the combination band photodiode, we







detectivity values are slightly lower than for non-integrated p-i-n GaInAsSb-
based photodiodes reported in literature e.g. D∗ =2.4 × 1010 [48] and
D∗ =9.0 × 1010 [49]. In the doctoral thesis of N. Hattasan [40] it is dis-
cussed how the photodiode performance can be improved with optimiza-
tion of the fabrication process.
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Figure 5.24: Photocurrent versus wavelength for the different PCG channels with
integrated GaInAsSb photodiodes
In a second stage, we measured the photo-current for all spectrometer
channels at a fixed bias of -0.1V. For every spectrometer channel, the laser is
tuned with a wavelength step of 250 pm. A total of three different tunable
lasers (TL) were needed to complete the measurement. For PCG1 and the
first 7 channels of PCG2 a Santec TL(1510-1630nm) is used. The remain-
ing 7 channels of PCG2 are measured with a Toptica DL100pro TL (1600-
1750nm). Both PCG3 and PCG4 are measured with a SFTL-Cr-ZnS/Se-
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2300-5000 TL from IPG Photonics (2000-2400nm). At the shorter wave-
lengths (2000-2050 nm), this laser is unstable on a time-scale shorter than
the OSA spectrum acquisition time, therefore impacting the smoothness
of the photocurrent measurement. In figure 5.24 the results of the electro-
optical characterization is shown.
Remark that it is a different SOI chip than the one used for the passive de-
multiplexer characterization in section 5.2.4, therefore an exact comparison
of the losses was not possible. The photo-current is corrected for the input
grating coupler and calibrated for a constant injected power of 1 mW at
all wavelengths. The losses in the spiral waveguide, that preceeds PCG2
and PCG3, are not corrected for. Thus, the resulting photo-current is the
photo-current that is measured when a constant input power of 1 mW at
the entrance waveguide goes through the spiral waveguide and PCG to
the photodetector. The rms dark current of the respective photodetectors
is indicated by the green line. We note two outliers. The first outlier is the
fifth photodiode of PCG2. It has a very high dark current (>1000 µA) but is
clearly responsive to light. It was added to the graph by reducing its pho-
toresponse value by 1000 µA. The second outlier is the seventh photodiode
from PCG4, which behaves as an open circuit. The performance of PCG1,
3, 4 is similar, whereas PCG2 has a lower photocurrent. We attribute this
to the preceding spiral waveguide that was slightly damaged during fab-
rication. Although care was taken to provide a proper calibration, there is
an amplitude discrepancy between the channels measured with the Santec
TL and the Toptica TL. This is due to a slight deviation in the optical set-
up between both measurements. The dark current at the low bias voltage
of -0.1V is generally constant and below 2µA over the whole wavelength
range. A maximum crosstalk level of -10 dB is obtained for all spectrome-
ters.
Influence crosstalk level on the glucose spectrum
The crosstalk of the integrated spectrometer will impact the glucose detec-
tion limit. To show this, we simulated the 5.5 mM glucose absorption spec-
trum (1 cm path length, Γ=0.1, λcenter=1590 nm) that would be measured
with a 30-channel, 3 nm resolution integrated spectrometer with various
crosstalk levels. The spectrometer channel response is assumed identical
for all channels and is set to the measured response of the first channel
of PCG 1 with GaSb photodiodes. In figure 5.25, we show how the spec-
tral shape P (λ)/P (1590nm) changes for different crosstalk levels ranging
from -10 dB to -40 dB. It is clear that the spectral features become stronger
with lower crosstalk. Of course the impact of crosstalk also depends on the
number of channels as the amount of power from neighbouring channels
scales with the number of channels. When a large spectral range is probed
it thus important to reduce the spectrometer crosstalk. As the dominant
origin of crosstalk in our spectrometers is caused by phase errors due to a
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Figure 5.25: Simulated change in the glucose absorption spectrum due to change
in the crosstalk level of the 30-channel, 3 nm resolution, integrated SOI
spectrometer.
non-uniform slab thickness, an improved fabrication process is necessary
to enhance the performance.
5.3.5 InP photodiodes
Material Thickness [nm] Doping [cm-3] name
InP 100 2.00E+18 n-contact layer
In(0.53)Ga(0.47)As 1150 x intrinsic layer






Figure 5.26: (a) Layer stack used for the integrated InP photodetectors.(b) P-i-N
thickness and doping profile (c) Microscope picture of the InP photodiode array
on top of PCG2. The preceding spiral is clearly visible.
In the second fabrication run, InP photodiodes were integrated by Steven
Verstuyft on the same optical design with PCGs. The same contact mask
was used for both fabrication runs, hence the photodiode dimensions were
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identical. More information about the fabrication process can be found in
[50]. The photodiode stack is shown in figure 5.26(a,b) and the fabrication
result in figure 5.26(c). The average dark current of these photodiodes was
relatively low, 3.4 nA at a bias voltage of -0.4V for a mesa size of 26x64
µm2. The average responsivity of the photodiodes at a wavelength of 1610
nm was 0.44 A/W. In addition, we calculated the detectivity and NEP at









In this section, we discuss the detection experiments that we performed to
test the miniature spectrometers with evanescent spiral, PCG wavelength
demultiplexer and integrated photodiode array. To enable parallel read-
out of the individual photodiodes, we designed an electrical read-out cir-
cuitry for a probe card. Two detection experiments were performed with
this probe card: one with InP photodiodes in the first overtone band and
one with GaInAsSb photodiodes in the combination band.
5.4.1 Probe card read-out
The probe card (from accuprobe R©) contains a set of flexible probe needles
with a tip diameter of 25.4 µm. These probes are mounted such that each
probe fits onto the top contact pad (100 x 100 µm2) of a single photodiode.
Four additional probes are added to access the common bottom contact. A
pin header is used for the electrical connections to the individual probes.
To realize parallel read-out of the photodiodes, we designed (with the help
of Jeroen Allaert) and soldered a custom PCB board with transimpedance
amplifiers (TIA) to convert the photo-current from the probe needles into
a ’photo-voltage’. These voltages can then be read in parallel by a data ac-
quisition card (DAQ, National instruments). In addition, the DAQ can set
the bias voltage across the photo-diodes. Using python code, we can auto-
matically sweep the bias voltage and read-out the photo-voltages from the
DAQ. The measurement set-up is shown in figure 5.27. The PCB board is
mounted onto the probe card. The opamp ICs are fed by an external volt-
age supply (not shown).
To estimate the electrical noise of this set-up, we modulated the bias-voltage
and did fourier analysis of the detected photodiode signal. A strong white
noise contribution was found with an extinction ratio of only 18 dB com-
pared to the modulated frequency component. To estimate the SNR ratio
of the complete set-up, we measured the photo-current of the central PCG
channel with InP photodiode (λ = 1626nm) during 10 minutes and calcu-
lated the SNR as the average current divided by the standard deviation.











Figure 5.27: Measurement set-up for the parallel read-out of integrated
photodiodes with a probe card
We obtain an SNR of 26.62 dB and 26.55 dB for respectively a SLED source
and a tunable laser source. This SNR is obtained for an estimated optical
power of 12 µW at the photodiode.
5.4.2 PEG detection
In the first experiment with the probe card read-out (at room temperature),
we applied PEG to the 1.7 cm long 500 nm wide wire waveguide that pre-
cedes PCG2. The miniature spectrometer is illuminated with a broadband
SLED source centered at 1650nm. The result is shown in figure 5.28. We
calculated the PEG transmission as the ratio between the photovoltage at
each InP photodiode with PEG and without (red dots). This gives a few
points that we can interpolate with cubic splines (grey curve). We com-
pare our measurement with the signal (black dots) that we expect based
on the confinement factor of a 500 nm wire waveguide immersed in PEG
(n=1.47), the length of the spiral and the absorptivity that we measured
using an FTIR δλ = 1nm. We obtain a relatively good match. Because the
PCG channels are not aligned to the PEG dip at 1620 nm, and the low PCG
resolution (δλ = 7nm), the PEG feature is broadened and the power at 1620
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Figure 5.28: Evanescent PEG detection with a miniature SOI spectrometer with
InP photodiode array
nm is not properly resolved.
5.4.3 Water detection















































Figure 5.29: Evanescent water detection with a miniature SOI spectrometer with
GaSb photodiode array. Photo-voltage in function of wavelength when the
sensing spiral is (a) empty (b) immersed in water.
In a second experiment, also at room temperature, we applied water to the
1 cm long 800 nm wide wire waveguide that precedes PCG3. In this case,
we measured the chip with a tunable laser with operating range from 2050
nm to 2350 nm onwards. At the shorter wavelengths, the laser source is
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highly unstable, therefore we monitored only the spectrometer channels
from 2100 nm onwards. The spectrally resolved photodiode photovolt-
age for both an air clad and water clad spiral is shown in figure 5.29(a,b).
When we apply water, we find the expected strong attenuation given the
long spiral length. Now, the impact of the spectral ripple due to the coher-
ent source in combination with on-chip reflections, becomes very clear. To
calculate the transmission, we simply took the average of the peak photo-
voltages and interpolated this with third order splines. To compare with
the theorically expected water spectrum, we calculate the expected shape
based on the simulated confinement factor Γ, spiral length and absorptiv-
ity of water that we measured using an spectrophotometer (Varian Cary
500) with δλ = 1nm. The result is shown in figure 5.30. Although there is
a difference in absolute transmission, the upward trend of the water trans-
mission with wavelength is clearly visible.




















Figure 5.30: Measured water transmission with a miniature SOI spectrometer with
GaSb photodiode array
5.5 Integration with CMOS electronics
The final stage of the miniature spectrometer development was to replace
the probe card read-out with an electronic driver chip. This work was
part of the final demonstrator for the GlucoSens project. As many peo-
ple were involved in the development of this demonstrator, the results on

















Figure 5.31: GlucoSens demo 4: Mask design for the passive SOI spectrometer,




Figure 5.32: GlucoSens demo 4: micro-controller board with interposer containing
the fabricated miniature spectrometer
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The demonstrator combines an SOI chip with integrated photodiodes, mi-
crofluidics and a die-bonded CMOS (Complementary Metal Oxide Semi-
conductor) chip. The optical circuit comprises two dual-beam spectrome-
ters with preceding evanescent sensor and photodiode array. The optical
circuit is shown in figure 5.31. A microfluidics circuit in PDMS was de-
signed and fabricated as well, to enable fast and easy switching of various
sample fluids. The resulting demonstrator is shown in figure 5.32.
5.6 Conclusion
In this chapter we reported on the design and fabrication of miniature spec-
trometers on the silicon-on-insulator platform. Our efforts were focused on
the implementation of planar concave gratings (PCG) as the wavelength
demultiplexer. This component is well-known for telecom applications.
However, for molecular detection, and glucose sensing in particular, it was
necessary to extend the operating wavelength range to the combination
band. This required a set of other components to be designed as well for
these longer wavelengths. Next to the development of the passive compo-
nents (grating couplers, evanescent spiral and wavelength demultiplexer),
three active features were added to the SOI chip. Firstly, microfluidics in
poly-dimethyl siloxane (PDMS) was bonded to the spectrometer chip, to
allow easy sample handling. Secondly, heterogeneously integrated photo-
diodes were added to each of the different wavelength demultiplexer chan-
nels. By using GaSb-based epitaxial material, these photodiodes could be
used for PCG designs with an operating range in both the first overtone
band and combination band. Lastly, an electronic driver CMOS chip was
die-bonded to the SOI with photodiode array. Although a new iteration is
necessary, co-integration of an electronic CMOS chip with the spectrometer
for photodiode read-out was shown to be technologically feasible. In the
end, the investigation of this silicon-based spectrometer platform, led to a
set of successful molecular sensing experiments in both the first overtone
band and combination band.
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Glucose sensing with an integrated
evanescent sensor
It always seems impossible .. until it’s done.
– Nelson Mandela
As evident from previous chapters, the detection of glucose in vivo using
near-infrared light is challenging. Here, in this chapter, we focus on one
essential aspect: how to detect physiologically relevant glucose concentra-
tions with an evanescent absorption sensor integrated onto a silicon chip?
The physiological concentration of glucose in the interstitial fluid (ISF) is
very small in comparison with the water content. Therefore, any absorp-
tion spectrum of ISF is in essence the water spectrum with all other molec-
ular spectral signatures being at least three orders of magnitude smaller.
Thus, in a first stage, we have to develop a measurement configuration
that can eliminate the large water background to reveal the glucose fea-
tures. This requires a measurement set-up with a high signal-to-noise ra-
tio (SNR). Secondly, we have to show that we can measure these glucose
features reliably over long periods of time. Only then, a one-to-one corre-
spondence between the measured spectrum and the glucose concentration
can be established.
A threat to the SNR and stability of the sensor is its susceptibility to noise.
We define noise in this work as any physical mechanism that has a time-
variable influence on the measured signal that is not related to the absorp-
tion of the measured sample. It is thus used in a broad sense: it can be a
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change in temperature, a mechanical vibration, a flickering lamp etc. To
minimize the impact of noise, we needed to take all aspects of the set-
up into account: the mechanical, the optical, the electrical and the fluidics
part. This investigation led to an optimized set-up that will be discussed in
this chapter. With this optimized and fully automated set-up, we demon-
strate glucose detection in aqueous solutions with an error-of-fitting of 1.14
mM, which is on par with the clinical requirement for continuous glucose
monitors. In vivo, however, the sample under test is much more complex.
Therefore, we also investigated glucose detection in human serum.
The chapter is structured as follows: Firstly, we explain the optical circuit
and micro-fluidics layout of the opto-fluidic chip that was used for glucose
detection. Secondly, we introduce the optical detection instrumentation.
Thirdly, we detail on the fluidics path-way. After this introduction to the
complete set-up, we continue with the experimental results section. The
performance of the set-up in terms of its short- and long-term SNR is in-
vestigated and the evanescent sensing results are given. We performed
evanescent sensing experiments with both aqueous solutions, salt solu-
tions and human serum. Finally, we end this chapter with a conclusion.
6.1 Integrated opto-fluidic chip for evanescent glu-
cose detection
In this section we discuss in detail the design and fabrication of the opto-













fiber array 1 mm
Figure 6.1: Silicon-on-insulator chip design (on-scale)
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The designed and fabricated opto-fluidic chip is shown in figure 6.1. We
chose for a dual-beam design to monitor any optical input fluctuations and
to remove the large water background (see section 3.1.2). As in this case
two outputs need to be measured in parallel, a fiber array is needed. We
used a fiber array with a 127 µm pitch and a facet angle of 8◦. Due to this
facet angle, the fiber array can be positioned parallel with the surface of the
optical chip, while a good grating coupler efficiency is preserved. In addi-
tion to the input and two output (signal and reference) grating couplers,
two grating couplers are added and connected with an alignment loop for
the fiber array. Proper alignment of the fiber array ensures a balanced dual-
beam circuit, next to the circuit design with identical spiral sensors, equal
path lengths and 3 dB splitting ratio. The fiber array is glued to the chip
with UV-curable glue to enable a stable in- and out-coupling of the opto-
fluidic chip.
The optical circuit is designed for a wavelength of 1.59µm, the peak ab-
sorption wavelength of glucose in the first overtone band. The straight
grating couplers are designed for the quasi-TE mode and have a fill factor
of 0.5, a period of 670 nm and 25 shallowly etched (70 nm) grating lines.
For the evanescent sample interface, we use shallowly etched, 450 nm wide
rib waveguides that are routed into a spiral with a footprint of 0.28 mm2.
The spiral is 1 cm long and has bends with a 20 µm bend radius. This
length was calculated based on a simulated confinement factor of 0.07 and
a waveguide loss figure of 2 dB/cm. This loss figure was estimated, as we
did not have the measured loss data for this rib waveguide at the time of
the mask design.
The choice for rib waveguides was based on extensive previous evanescent
glucose measurements using a similar dual-beam design, but with wire
waveguide spirals. Due to the sidewall roughness of the wires, distributed
reflections occur all along the spiral waveguide and routing waveguides.
When a coherent source is used, these reflections translate into a very dense
interference pattern in the transmission spectrum. The specific pattern is
very sensitive to the environment and it would require very complex dig-
ital filtering techniques to remove the unwanted frequencies. In addition,
due to the ’sharp’ nature of the pattern, it should be measured very pre-
cisely in both wavelength and amplitude. Small deviations in the sampling
points, result in distortions of the transmission spectrum on the scale of the
glucose variations (1e−4). Rib waveguides are much less sensitive to these









Figure 6.2: Photograph of the fabricated opto-fluidic chip. The microfluidic
channels are highlighted with the black lines (the soft bends are not shown)
6.1.2 Micro-fluidics design
The micro-fluidics are fabricated in poly(dimethylsiloxane)(PDMS) (Syl-
gard R©184, Dow Corning Corporation) using soft lithography [1]. Both
the SOI-chip and PDMS are given a short oxygen plasma treatment before
applying direct bonding with a flip-chip machine [2]. The PDMS is kept
relatively thin (5 mm) such that its shade doesn’t block the camera’s view
on the alignment loop for the fiber array. The rectangular fluidic channels
are 50 µm high and 780 µm wide with a bend radius of 800 µm. This large
bend radius makes sure that small air-bubbles in the sample fluids can-
not get trapped in the bends. The fabricated opto-fluidic chip is shown in
figure 6.2.
6.1.3 Cover layer
To ensure that we exactly know the interaction length of the evanescent
sensor with the sample fluids, we use SOI chips with a 1.35 µm thick top
oxide cladding. To remove the oxide locally above the spirals, we first thin
down the top oxide to a thickness of about 400 nm, using wet etching with
a 40% b-HF (buffered Hydrogen Fluoride) solution. Then, two rectangu-
lar openings are lithographically defined (with AZ5214 photo-resist) above
the two spiral sensors. Finally, the remaining oxide layer above the spirals
is carefully removed with the b-HF and the remaining photo-resist is re-
moved. For our rib waveguides with wide shallowly etch, there is no risk
for under-etch of the buried oxide (see figure 6.3).







Figure 6.3: Microscope picture of a sensing spiral with and without top oxide in a
microfluidic channel (green= uniform tiling region with squares of 220 nm high Si,
pink=150 nm high Si)
6.2 Optical measurement configuration







Figure 6.4: Photograph of the optical instrumentation used for the evanescent
sensor read-out
In this section we discuss the optimized optical configuration for dual-
beam evanescent glucose absorption spectroscopy. In figure 6.4 the optical
instrumentation is shown. A broadband superluminescent light emitting
diode (SLED) with a polarization maintaining output fiber (PMF) is fol-
lowed by a polarization maintaining tunable filter (TF) with a gaussian
pass-band. After the TF, the light is coupled in and out of the SOI chip
through a fiber array with PMF. The output fibers from the signal and ref-
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erence spirals are then connected to a dual-channel photodetector. To avoid
any background light during experiments, a thick curtain completely en-
closes the optical table and all lights are switched off (including the PC
screen and the lamp that is used for camera images of the opto-fluidic
chip).
6.2.1 Source
Although laser sources have the advantage of higher power, we have cho-
sen to use a broadband SLED instead of a laser source, due to its reduced
coherence length. Even though we use rib waveguide spirals, the on-chip
spurious reflections cannot be completely eliminated. As explained be-
fore, the impact of these reflections is larger in the case of a coherent light
source. In addition, any wavelength instability of the laser between con-
secutive wavelength sweeps, translates into noise. To clarify this, we start
from the observation that the fringe pattern from both the signal and refer-
ence arm can never be identical (due to unique side-wall roughness). For a
fixed input power but a drift in lasing wavelength, it can be that the signal
transmission spectrum changes shape because other points are sampled in
the fringe pattern. The reference arm, however, will see a different change
in transmission spectrum because the fringes look differently. The ratio of
both is thus strongly dependent on the exact wavelength sampling. This
will strongly limit the efficiency of the dual-beam configuration.
The total output power of the SLED that we used (SLD1005-SP, Thorlabs),
is 17 mW over a 3 dB bandwidth of 50 nm with a center emission wave-
length of 1570 nm.
6.2.2 Dispersive element
As we want a dual-beam configuration in combination with a broadband
light source, we can either use a pre-dispersive system with a tunable fil-
ter or a post-dispersive system with two spectrum analyzers. Whereas the
latter is feasible with on-chip spectrometers, it is not practical when using
bulk equipment. Therefore, we opted for a tunable filter. The tunable fil-
ter that we use (Custom WaveShaper 1000s from Finisar R©) is programmed
(with Python) to yield a Gaussian pass band with high extinction ratio (>
50 dB) and with a tunable center wavelength and bandwidth. The center
wavelength can be tuned from 1535 nm to 1612 nm and the bandwidth
is set to 5 nm. The tunable filter operation is based on a Liquid Crystal
on Silicon (LCoS) display that can change both the phase and amplitude
for each wavelength. This allows fast (settling time of 500 ms) switching
between two distant wavelengths compared to grating based filters. In
addition, this custom tunable filter is designed to transmit only one polar-
ization state, while blocking the orthogonal state.
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6.2.3 Photo-detectors
A dual-channel mainframe (HP 8153A) with two fiber-coupled sensitive
InGaAs photodiodes is used to detect the power from both the signal and
reference spiral sensor. Both channels can be measured at the same time.
The photodiodes operate from 800-1700 nm and are set to an averaging









Figure 6.5: (a) Structure of the PANDA polarization maintaining fiber (b)
positioning of the fibers in the fiber array
Throughout the complete optical set-up, single-mode polarization main-
taining fibers (PMF) are used. This type of fiber exhibits very high birefrin-
gence such that the two orthogonal polarization states are not likely to cou-
ple, even when external stress (e.g. fiber bending) is applied. Integrated
optical wires also show this high birefringence. This ensures that the inci-
dent polarization state is preserved throughout the complete optical path.
We found that this significantly improves the stability of the set-up. The
used PMF are PANDA fibers, see 6.5(a). The SLED output polarization is
aligned with the slow axis and the WaveShaper TF only transmits light po-
larized along this slow axis. This polarization state should be aligned with
the TE-mode of the grating coupler, therefore the PMF are positioned in the
fiber array as shown in 6.5(b). In figure 6.6 we show how the fiber array is
positioned above the fiber array.
6.2.5 Temperature control
The opto-fluidic chip is mounted onto a temperature controller with re-
mote (programmable) control and kept at a fixed temperature of 25 de-
grees. The room where the measurements took place was, unfortunately,
not temperature controlled. All sample solutions, are kept at room temper-



















Figure 6.6: Positioning of the fiber array above the optical chip
6.3 Glucose solution preparation and handling
The fluidics pathway is shown in figure 6.7. A microfluidics pump (TSE
systems) is used to pump up to 6 different syringes simultaneously. The
syringe volume is 10 mL. One syringe contains the reference fluid and is
connected to the reference channel of the opto-fluidic chip. This is typi-
cally the pure solvent water. The other syringes are connected to the input
ports of a selection valve (C5C, Vici). This valve selects one input port and
connects it internally to the single output port, whereas the other inputs
are connected to a common waste port. Both the microfluidics pump and
selection valve are programmable through a serial port and python code.
When the selection valve is switched, it generates a strong mechanical
shock. To avoid that this mechanical vibration impacts the optical mea-
surement, the valve is mounted onto small rubber shock absorbers. The
valve output is connected to a T-connector that has one connection to the
signal channel of the opto-fluidic chip and another connection to a closed
valve. The latter fluidic pathway is used to translate any change in flow
speed between the valve and the opto-fluidic chip, into a movement of






















Figure 6.7: Schematic of the fluidic pathway
the fluid/air boundary in front of the closed valve. This way, we have an
elementary pressure sensor. All fluidic connections are made with teflon
(PTFE) tubing with a small inner diameter of 0.56 mm. This tubing fits into
the inlets and outlets of the PDMS microfluidics. Care was taken to avoid
any mechanical stress on these inlets and outlets of the PDMS, as this gen-
erates leaks. A picture of the set-up with fluidic connections is shown in
figure 6.8.
The tubing length between the valve and the opto-fluidic chip should be
minimized as mixing between consecutive solutions can occur. In addi-
tion, it creates a time delay between the moment of valve switching and
the change in optical transmission.
The aqueous glucose solutions are prepared in the UGent clean room in
Zwijnaarde, where D-glucose powder (Sigma-Aldrich) is added to de-ionized
(DI) water to yield the wanted concentration. Similarly, salt solutions (NaCl)
were prepared. Next to these aqueous solutions, we also measured in hu-
man serum. Serum solutions with different glucose concentrations were
prepared by spiking it with extra glucose powder (0.18016 g/mol). The
serum solutions were prepared in the UGent histology group of prof. Ria
Cornelissen.
6.4 Noise analysis of the optical set-up
In this section, we report on the performance of our optical set-up in terms












Figure 6.8: Photograph of the measurement set-up
bient temperature and optical cross-talk.
6.4.1 SNR evaluation
We calculate the signal-to-noise ratio of a set of N spectral measurements
P (λ) as:
SNR(λ) =
< P (λ) >
σp(λ)
(6.1)
with < P (λ) > the average detected power and σp(λ) the standard devi-
ation. The set-up SNR is then calculated as the average across all wave-
lengths SNR = < SNR(λ) >. To enable glucose detection up to the mini-
mum level of 1 mM, the set-up should have a SNR on the order of 40 dB
(see section 2.3.4). This high SNR should last for at least the time it takes
to switch between two fluids (short-term SNR). On the other hand, if we
want to relate the measured transmission spectrum to a glucose concentra-
tion, a large set of glucose samples needs to be measured. From these we
can then derive a model. This type of measurement takes longer and slow
drift effects become important. The long-term SNR is a measure for this
slow-drift.
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Short-term and long-term SNR
We calculate the short-term SNR for a set of transmission spectra that were
acquired within 5 minutes. Within 5 minutes, we can acquire 20 spectra
with a resolution of 5 nm. The long-term SNR is calculated for a total mea-
surement time of 2 hours (480 spectra). This is our practical upper duration
to measure a set of different glucose solutions with appropriate flow-speed,
given the limited volume of the syringes. In table 6.1, the setup SNR is
listed for both the signal channel, reference channel and the ratio (= SIGREF )
for an empty opto-fluidic chip that was measured during the night. The
SNR for the ratio is calculated according to equation 6.1 in which P (λ) is
replaced by SIGREF .
SIG REF Ratio
5-min SNR [dB] 40.21 40.22 39.4
2-hour SNR [dB] 33.87 36.29 34.17
Table 6.1: SHORT-TERM AND LONG-TERM SNR
We obtain a high SNR in all cases, but two important observations can be
made. Firstly, the short-term SNR is approximately equal for both single-
beam and dual-beam measurements. Secondly, the long-term SNR is dif-
ferent for the SIG and REF channel. This points to a different slow-drift
behavior in both channels.
Slow drift
To investigate the different drift in both channels, we spectrally analyzed
the transmitted power drift of the opto-fluidic chip. We compare differ-
ent transmission spectra that are acquired every 2.5 minutes. The result
is shown in figure 6.9 and depicts the ratio of a measured transmission
spectrum divided by the firstly acquired spectrum. It shows that the drift
pattern of the signal and reference channel exhibits a quasi-periodic spec-
tral behavior, but the envelope is quite different. This limits the effective-
ness of our dual-beam design. We also measured the slow-drift of the fiber
array alignment loop, to investigate whether this slow-drift is caused by
the micro-fluidics or not (see figure 6.9(c)). The alignment loop is fully
covered with oxide and is not in contact with the PDMS, but still shows
a similar drift-pattern. Lastly, also the spectral slow drift of the tunable
source (SLD+TF) was monitored (see figure 6.9(d)). We can see that the
source pattern doesn’t show the gradual change over time, but is more
random. Although some peaks are visible in figure 6.9(d), they shift in
location and strength when we compare source spectra at other time inter-
vals (not shown). Based on these measurements, our current hypothesis is
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Figure 6.9: Change over time of the transmission spectrum, normalized to the
firstly acquired spectrum of (a) signal channel immersed with water (b) reference
channel immersed with water (c) alignment loop covered with oxide and (d)
tunable source
that the slow drift doesn’t originate from source fluctuations, but is related
to the fiber-array to chip coupling section.
6.4.2 Noise sources
Here, we investigate the noise contributions from the source, detectors and
environmental parameters.
Detector noise
The average detector signal in dark state is 1.33 pW (-88.76 dBm) with a
peak-to-peak variation of 0.11 pW (-99.58 dBm). This noise-level of 0.11
pW, is the result of both the photodiode and electronics read-out noise.
The averaging time of the detectors is set to 50 ms. This setting yields
a low photodetector noise, while it allows fast wavelength sweeps. The
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average optical power that is coupled out of the opto-fluidic chip in a wet
state is 0.65µW (-31.87 dBm).
Source noise
The source of our measurement system is the SLD followed by the tunable
filter. To assess the noise contribution of optical input power variations,
we connected the output of the tunable filter directly to the photo-detector.
The SNR is calculated to be 40.63 dB for source spectra that are acquired
during 5 minutes and 38.89 dB for a 1 hour measurement. This indicates
that the long-term set-up SNR is not yet limited by source intensity fluctu-
ations.
Influence flow speed



































Figure 6.10: Change in optical power in function of flow speed
To assess the influence of the flow speed on our measurement, we moni-
tored the signal channel transmission continuously, while the flow speed
in the micro-fluidic channels is changed in discrete steps. The flow speed
cannot be changed continuously because the pump needs to be stopped
shortly before the pump speed can be altered. Two wavelengths were mon-
itored: 1550 nm and 1590 nm. The result is shown in figure 6.10. Besides a
steady upward drift, it shows that the optical transmission doesn’t corre-
late with the flow speed. The reason for the sudden change in transmission
at 350 s is unknown.
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Influence temperature
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Figure 6.11: (top) Change in optical power, normalized to the initial temperature,
due to a change in temperature. (bottom) Change in spectrum, normalized to the
first spectrum at 20 ◦C, due to a change in temperature
To test the stability of the set-up for temperature changes, we monitor both
the signal and reference channel of an empty optofluidic chip, while we
change the temperature controller settings. The temperature is changed
to three discrete values: 30 ◦C, 25 ◦C and 20 ◦C. The result is shown in
figure 6.11(a) and is reproducible. Two observations can be made. Firstly,
different wavelengths show a different response to a temperature change.
Secondly, this spectral response is different for the signal and reference
channel. The spectral response of both channels is plotted in figure 6.11(b).
As derived in chapter 4, a change in temperature of 10◦C shouldn’t sig-
nificantly alter the transmission through a change in effective index of the
spiral waveguide mode. In addition, if the effective index would change
with temperature, a linear dependency on wavelength is expected. What
we measure here is clearly different. Our current hypothesis is that the
fiber array alignment alters through temperature. To mechanically stabi-
lize the fiber array, we use an UV-curable epoxy glue which is known to
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be sensitive to both temperature and humidity changes. The glue can both
change in shape (expansion/contraction) and change in refractive index.
Small changes in the fiber array angle due to e.g. expansion of the glue can
















































Figure 6.12: (a) Experimental layout to assess cross-talk from (b) on-chip
reflections (measured at the fiber on the right of the input) and (c) reflections at the
fiber array-chip interface(measured at the fiber on the left of the input)
A final noise source is optical cross-talk. Any light that is incident onto
the detector that did not follow the foreseen optical path, generates noise.
As we measure in complete darkness, the largest component of the optical
cross-talk is light that leaks into the signal and reference output fibers at
the fiber array/chip interface. We have evaluated this optical cross-talk by
inserting light in the output grating coupler of the signal channel and by
measuring the power in the neighboring fibers. The microfluidic channels
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were filled with water. The schematic of the experiment is shown in figure
6.12(a). We find that an inserted input power (at λ=1570 nm) of -2.3 dBm
generates -51.02 dBm (7.9 nW) of optical power into the reference channel
output fiber and -29.1 dBm at the wanted output (not shown in figure).
The spectral response of the reference channel output is shown in figure
6.12(b). As the spectral response has the shape of a grating coupler spec-
trum, it originates in unwanted reflections in the optical circuit. A much
smaller fraction of -84.1 dBm (3.86 pW) leaks into the left neighboring fiber
due to reflections at the fiber-array chip interface (see figure 6.12(c)). The
relatively low extinction ratio of 21.9 dB, between the wanted signal (-29.1
dBm) and the unwanted reflections (-51.02 dBm), should be improved in
future designs by using splitters and grating couplers that are optimized
for low reflections [3].
6.5 Experimental results
Given the achieved high long-term SNR, we could do very sensitive evanes-
cent absorption spectroscopy experiments of aqueous glucose, NaCl and
human serum solutions. The performed experiments are listed in this sec-
tion. These measurements are all dual-beam experiments, but in most
cases the data analysis is performed as if the measurement was single-
beam. This is due to the slow drift that is different for the signal and
reference channel. This effect often results in a higher SNR for a single-
beam configuration, which is also evident from table 6.1. All experimental
settings and results will be discussed, in addition to the data processing
algorithm.
6.5.1 Water detection
In a first experiment at room temperature, we measure the transmission
spectrum of pure DI water with a resolution of 5 nm. We start from a dry
opto-fluidic chip and measure the transmission spectrum of the signal and
reference channel Psig,air and Pref,air. Afterwards, DI water is applied to
the microfluidic channel above the signal spiral to yield Psig,water. The
reference channel stays in a dry state and yields the reference spectrum







In figure 6.13, we compare the obtained Tmeasurement with the theoretically
expected shape Ttheory. This theoretical curve is calculated as Ttheory =
10−AwLΓ with the water absorbance Aw [mm−1], confinement factor Γ and
L= 10 mm, the length of our signal spiral. The water absorbance Aw is
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Figure 6.13: Measurement of the evanescent water absorption spectrum in
comparison with the theoretically expected shape.
obtained from a reference measurement with a spectrophotometer (Var-
ian Cary 500) at 20◦C. The confinement factor Γ is simulated in function
of wavelength for our rib waveguide design with a water top cladding
(nclad=1.31) using the software CAMFR (CAvity Modelling FRamework)
as in chapter 4. Note that the y-axis scale is different for Tmeasurement(left
y-axis) and Ttheory(right y-axis). This shows that although the shape is sim-
ilar, we have a difference in absolute transmission. This difference arises
from the change in confinement factor and waveguide losses when chang-
ing between an air and water cladding and the small uncertainty about the
absolute accuracy of our reference measurement.
6.5.2 Switching experiment with 70 mM glucose
In this experiment, we monitor the signal spiral and switch three times be-
tween pure DI water and a glucose solution with a high concentration of
70 mM at a steady pump speed of 9 µL/min. This way, we can estimate if
we can resolve the glucose spectrum and if our measurements are repro-
ducible. After every 14 spectral sweeps with a wavelength step of 3 nm,
the selection valve is switched. It takes 30 seconds to acquire one spec-
tral sweep. The result from the signal spiral is shown in figure 6.14(a). It
shows for every spectral sweep N the transmitted power P(N) from the
signal spiral, referenced to its initial value P(N=0). It is clear that the trans-
mission drops when glucose is present, indicating the absorption due to
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glucose. The small delay δN between the moment of switching and the
drop in transmission is due to the finite flow-time between the valve and
sensing spiral.
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Figure 6.14: Evolution of the detected power of (a) the signal spiral and (b) the
reference spiral at different wavelengths when a 70mM glucose solution is applied
three times. The switching moments are indicated by the black line and the height
refers to the applied glucose concentration.
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Next to the absorption dips, all wavelengths experience a slow upward
drift. A different drift was measured in the reference spiral transmission
as shown in figure 6.14(b). This indicates that, although our set-up aims at
maximizing the common path, the non-common noise is still larger than
the common noise. Therefore, we opt to consider only the signal spiral for
data analysis. To eliminate the slow drift, we developed a straightforward
procedure that will be explained in the following section 6.5.3. After this
procedure, the glucose absorption spectrum can easily be retrieved.
6.5.3 Virtual water absorption extraction procedure
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Figure 6.15: Procedure to create the virtual water reference spectrum for a single
wavelength (in this case λ=1585 nm)
The strong water absorption dominates the absorption spectrum of an aque-
ous glucose solution. The water absorption thus has to be eliminated from
our measured spectra to yield the glucose signature. We have access to
the water absorption spectrum just before and after applying glucose. But,
due to the wavelength dependent slow drift, as shown in figure 6.14, these
measured water absorption spectra are not the same. Therefore, we need
to create a ’virtual’ water absorption spectrum based on the interpolation
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of the water absorption spectra as measured before and after applying the
glucose solution. The glucose absorption features are then revealed by di-
viding the measured aqueous glucose solution spectrum by the virtual wa-
ter absorption spectrum.
The algorithm to create the virtual water spectrum is performed for each
wavelength individually and is graphically explained in figure 6.15. Firstly,
we determine the delay δN and add it to the switching times Nswitch to
yield the start and end times Ns,e of the virtual water curve. The start
point Vs of the virtual water curve is then calculated as the average ofNavg
data points P (N)P (0) with N from Ns − Navg to Ns. The end point Ve of the
virtual water is similarly calculated as P (N)P (0) with N from Ne to Ne +Navg .
Secondly, we fit a straight line F between Vs and Ve. We then append to
this straight line a number M of data points P (N)P (0) from the water measure-
ments before and after the glucose dip. Thirdly, this newly constructed
curve is now interpolated with a polynomial of the appropriate order O to
yield the virtual water curve. This virtual water curve thus accounts for
the slow drift effects as evident in the measured water data points.
We extract the glucose absorption spectra for the experiment with the aque-
ous 70 mM glucose solution by dividing the measured glucose solution
spectra with the virtual water curve. The virtual water curve was extracted
for δN=3 (wavelength sweeps), Navg=4, M=14 and O=7. For each of the
three glucose dips we have about 7 glucose absorption spectra which can
be averaged to yield one high SNR glucose absorption spectrum. The re-
sulting three curves are plotted in figure 6.16 together with the theoretically
expected absorption spectrum of a 70 mM glucose solution on top of a 1 cm
long spiral, based on reference data from [4] as in 6.5.1.
Although our measured spectra have a strong, but repeatable, periodic
variation in wavelength, we obtain a good match with the theoretically
expected glucose absorption. The periodic variations are caused by un-
wanted on-chip cavities due to small reflections at e.g. grating couplers,
MMI coupler[3, 5]. The repeatability SNR, calculated as the average of the
three absorption curves divided by their standard deviation followed by
wavelength-averaging, amounts to 41.95 dB.
6.5.4 Experiment with different glucose concentrations
In this experiment, we switch between five different glucose concentra-
tions (1 mM, 5.5 mM, 16 mM, 24 mM and 36 mM) and pure DI water. The
lowest concentration of 1 mM was chosen to show the detection limit. The
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Figure 6.16: Extracted absorption spectrum (left y-axis) for the three 70 mM
solution measurements with the theoretical expected shape (right y-axis).
concentration of 5.5 mM and 16 mM are respectively the mean and high
extreme physiological blood glucose levels. The signal spiral transmission
spectra are continuously acquired with a wavelength step of 3 nm and af-
ter every 16 spectral sweeps, the valve is switched between DI water and
a glucose solution. The two lowest concentrations (1 mM, 5.5 mM) were
measured twice. The measurement result is shown in figure 6.17(a,b).
A clear correlation between the change in power and the applied glucose
concentration is present for the various wavelengths in the signal chan-
nel whereas the reference channels shows no correlation. When a higher
concentration of glucose is applied, the power loss in the signal channel
is larger due to the glucose absorption. This behavior is not visible in the
reference channel.For the low glucose concentrations (< 16mM ) the power
loss in the signal channel is difficult to discriminate visually. Still, we will
show in the next paragraph that by using the virtual water procedure, we
can reliably extract the glucose concentration.
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Figure 6.17: Evolution of the detected power of (a) the signal spiral and (b) the
reference spiral at different wavelengths when five different glucose solutions are
applied. The switching moments are indicated by the black line and the height
refers to the applied glucose concentration.
We obtain the glucose absorption spectra for the experiment with different
glucose concentrations, by dividing the measured glucose solution spec-
tra with the virtual water curves. The latter are calculated for the signal
channel (single-beam analysis) with δN=4 (wavelength sweeps), Navg=4,
M=14 and O=7. In addition, we have averaged the various glucose ab-
sorption spectra to one high SNR absorption spectrum and this for all of
the different applied glucose solutions. The result is plotted in figure 6.18.
GLUCOSE SENSING WITH AN INTEGRATED EVANESCENT SENSOR 161
The y-scale in figure 6.18 shows that we can measure very small (0.01%)
changes in transmission. Again, the obtained glucose absorption spectra
exhibit a strong periodic ripple. The glucose absorption dip increases as ex-
pected with increasing glucose concentration. The replicate measurements
(1 mM, 5.5 mM) are clearly grouped with the preceding measurements of
the 1 mM and 5.5 mM solutions. Although the absorption dips caused
by the 1 mM solution are very difficult to discriminate visually on figure
6.17(a), the straightforward data processing allows us to reliably extract the
absorption spectrum.
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Figure 6.18: Extracted absorption spectrum for the different glucose solutions,
compared to the theoretical fit that is obtained when using a linear regression
model as derived in section 6.5.4
Linear regression model
Now that we have a set of transmission spectra for different glucose con-
centrations, we can derive a (sensor-specific) calibration model to correlate
the two. Given the weak absorption due to glucose, the transmission is
linearly dependent on the glucose concentration:
T = exp(−αCgluc) ≈ 1 + αCgluc (6.3)
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Figure 6.19: Linear regression model for glucose prediction when the virtual water
procedure is applied
Therefore, we derive a linear regression model in which we use the ab-
sorbance Ar = log10(T36mM ) of the 36 mM glucose solution as the regres-
sion vector Vr = Ar/36. We do a least-squares fitting between the mea-
sured absorption spectra for every applied concentration and 10Vr·Cp , for
a range of possible glucose concentrations Cp between 0 and 50 mM. The
predicted glucose concentration Cpr is the value of Cp for which the least-
squares sum is minimal. The predicted glucose concentrations for every
applied glucose solution is plotted in figure 6.19. The linear trend is clearly
shown. We calculate the error-of-fitting Eˆ of our model using the predic-







The reference values Cref are the prepared glucose concentrations.
Based on the predicted glucose concentrations, we also calculated the the-
oretically expected absorption spectra based on the reference data from [4].
These are plotted as grey curves in figure 6.18. We can see that our mea-
surements are in good agreement with the theoretically expected shape. A
dual-beam analysis gave a slightly worse error-of-fitting (Eˆ=1.76 mM) than
a single-beam analysis (Eˆ=1.14 mM) with the same settings. This indicates
that the slightly opposite drift (reference decreases over time), again limits
our dual-beam design.
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The performance of glucose sensors is often compared based on the 95%
confidence interval (CI) [6]. If we consider the difference (Cref − Cpr) as
a normally distributed variable x, then the 95% confidence interval for the
mean µx can be calculated as [7]:
µx ∈ [x¯± tn−1,α/2 s√
n
] (6.5)
with x¯ the sample mean, s the sample standard deviation, n the number
of samples and tn−1=5,α/2=0.025 calculated from the t-distribution with 5
degrees of freedom. The 95% confidence interval for the mean difference
between the measured and applied glucose value is µX ∈ 0.86 ± 0.86 mM
and is currently limited by the small size of our sample set of aqueous
glucose solutions.
6.5.5 Real-time glucose monitoring
Whereas we have shown with the above experiments that we can reli-
ably extract the glucose concentration from the transmission spectra, we
still needed the virtual water curve to remove the water background. Es-
sentially, the technique that we applied was to provide a regular time-
reference instead of a spatial reference. In vivo, however, we only have
a proper time-reference at the moment a reference blood measurement is
performed to calibrate the sensor. To aid in the glucose estimation, we can
also directly track the change of the signal transmission with respect to
the preceding measurements. We tested this approach in a new glucose
sensing experiment, in which we switch between different glucose con-
centrations without returning to DI water. The measured power of the
signal channel Psig for different wavelength sweeps is shown in figure
6.20(a). The power changes almost immediately after the selection valve
is switched, as we used a higher pump speed in this measurement. With
this data, we do not have the possibility to use the virtual water elimina-
tion procedure, but we can create a new variable Vg(N) that incorporates
the change in Psig due to a change in glucose concentration ∆C after n
additional sweeps:
Vg(N) = 1−
∣∣∣∣1− Psig(N)Psig(N − n)
∣∣∣∣ ≈ 1− α |∆C| (6.6)
This time-dependent variable Vg(N) is plotted in figure 6.20(b) for n =
2. It shows distinct peaks, common to all wavelengths, at the switching
times. The other peaks are caused by sudden changes in the signal and do
not occur at all wavelength simultaneously (noise!). When we spectrally
analyze this parameter at the switching times, we obtain 7 different spectra
for the 7 different steps in glucose concentration (36 mM, 28 mM, 8 mM,
10.5 mM, 64.5 mM, 62 mM and 8 mM).
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Figure 6.20: (a) Evolution of the detected power of the signal spiral at different
wavelengths when six different glucose solutions are applied. The switching
moments are indicated by the black line and the height refers to the applied
glucose concentration. (b) Plot of variable Vg which indicates the rate of change in
detected power due to a step in glucose concentration.
When we take the spectrum of the largest step in glucose concentration
GLUCOSE SENSING WITH AN INTEGRATED EVANESCENT SENSOR 165
(64.5 mM) and derive a linear regression model as in section 6.5.4, we can
again calculate the root mean squared error of calibration. The result of this
regression model is shown in figure 6.21. The error-of-fitting amounts to
Eˆ=1.63 mM for a single-beam analysis. Likewise, we can perform a dual-




dual-beam analysis yields a slightly worse error-of-fitting of Eˆ= 1.99 mM.
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Figure 6.21: Linear regression model for glucose prediction when we track direct
changes in transmission.
6.5.6 Experiments with NaCl solutions
To test the response of the evanescent sensor to non-absorbing molecules,
we measured aqueous NaCl solutions. In addition NaCl is a good test
molecule, as the human body fluids contain a high concentration of salts
(154 mM). To monitor the transition to the NaCl solution in real-time, we
did not acquire a transmission spectrum, but measured (single-beam) the
power at (alternated) λ=1550 nm and λ=1590 nm with a sampling rate of 1
Hz. Firstly, we flow DI water through the signal micro-fluidic channel and
after 200 s we switch to a 20 mM salt solution. After 400 s, we switch again
to DI water and finally we apply a 70 mM glucose solution during the pe-
riod from 600 to 800s. The measurement configuration is slightly different
from previous measurements, as the evanescent sensor did not reside in
the flow channel, but in a side-branch.
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Figure 6.22: Evolution of the detected power of an evanescent spiral in the
presence of 20 mM salt and 70 mM glucose. The switching moments are indicated
by the black line and the height refers to the applied salt and glucose
concentration.


































Figure 6.23: Evolution of the detected power of an evanescent spiral in a
side-branch of the flow channel when a 154 mM salt solution is continuously
applied to this sensor.
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The result is shown in figure 6.22. Although we expected to find minor in-
fluence of NaCl on our sensor, the sensor shows a very strong (∆T > 50%)
and nonlinear response, whereas it reacts normal to the large glucose con-
centration of 70 mM (too small to see on this y-scale).
In a second experiment, we switch to a 154 mM salt solution and do not
switch back to DI water. This time, a similar response to salt with a sharp
decrease and slower return to the initial power value is visible (see figure
6.23). Thus, even though we do not switch back to DI water, the optical
power is restored over time. Still, a power ripple remains visible which
has a period of about 20 s and an amplitude of 0.0037 (normalized to 1).
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Figure 6.24: Evolution of the detected power for different wavelength sweeps
when a 20 mM salt solution is applied. The switching moments are indicated by
the black line and the height refers to the applied salt concentration.
In a third set of experiments we investigated spectrally how the sensor re-
sponds to salt and if we can still measure glucose in the presence of salt. To
measure the spectral response to salt, we continuously acquire the trans-
mission spectra of the spiral sensor when we switch from DI water to a 20
mM salt solution and back. The result is shown in figure 6.24 and reveals
a spectrally flat but strong transient behavior of the sensor. The small de-
viations between wavelengths are mostly due to the slow sampling speed
(1 wavelength sweep takes about 25 seconds), while the sensor response to
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NaCl fluctuates faster. It should be investigated further what causes this
strong interaction of the sensor with a NaCl solution and if this interaction
happens with other salts as well. Nonetheless, we can still measure glu-
cose in the presence of a high 154 mM NaCl solution after the initial strong
transient has faded.
A sensing experiment with a 154 mM salt solution spiked with glucose (36
mM and 70 mM) is shown in 6.25. We can clearly see the correspondence
between the applied glucose concentration and the change in transmission.
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Figure 6.25: Detection of 36 mM and 70 mM of glucose in the background of a 154
mM salt solution.
6.5.7 Serum experiments
After the positive evaluation of our sensor for the detection of glucose in
aqueous solutions, we wanted to measure glucose in human serum. This
biological medium contains a large number of different molecules and pro-
teins. The latter make pure serum very viscous, so that we could not pump
it through the thin tubing nor through the micro-fluidic channels. There-
fore, the serum solutions were first centrifuged to lower the protein con-
centration so that the serum was less viscous. Due to the high salt con-
centration in serum, we first waited till the transient behavior was almost
saturated (about 2 hours). After this, a serum solution spiked with 10 mM
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and 20 mM was applied to the sensor. The raw measurement data is shown
in figure 6.26. The extracted glucose spectra using a single-beam analysis
with virtual serum extraction yields figure 6.27.
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Figure 6.26: Evolution of the detected power for different wavelength sweeps
when a serum solution with 10 mM and 20 mM glucose is applied. The switching
moments are indicated by the black line and the height refers to the applied
glucose concentration.
Although slow drift is still present on the signal, the glucose dips can
be extracted. The theoretically expected shape is calculated based on the
simulated confinement factor. If we inspect figure 6.27, we can see that
that there is an amplitude mismatch between the measurements and the
theory. To match the measurements, the confinement factor should be
higher. We found, however, on camera images that the serum proteins
form small slimy structures on top of our sensor (see figure 6.28) and re-
duce the evanescent sensitivity of our waveguides. If this protein layer
varies over time, we cannot rely on a single confinement factor and it be-
comes difficult to extract a glucose model.
It is clear that in an implantable sensor, this adhesion of proteins should
be avoided by the use of a membrane. Furthermore, it can be necessary
to surface-functionalize the waveguide itself with a very thin layer (prefer-
ably monolayer) to avoid adhesion from molecules that do make it through
the membrane. This will increase the sensor lifetime.
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Figure 6.27: Extracted glucose absorption spectrum together with the theoretically
expected shape.
proteinsspiral sensor
Figure 6.28: Camera image of the sensor in the presence of proteins
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6.6 Conclusion
Here, we have presented the optimized optical configuration to measure
small power variations due to glucose on a large background spectrum
of water. This optimized set-up was fully automated, such that the mea-
surements need not be disturbed by manual handling steps. It comprised
a pre-dispersive spectrometer, a microfluidic pump and a selection valve
to select different glucose solutions. The pre-dispersive spectrometer con-
sists of a broadband source (SLD) followed by a tunable filter and a dual-
channel photodetector for the signal and reference measurements of an
opto-fluidic chip. This opto-fluidic chip is a silicon-on-insulator chip with a
dual-beam circuit layout, combined with micro-fluidics in PDMS. The sen-
sor chip comprises two evanescent sensors that are 1 cm long, 450 nm wide
rib waveguides that reside in a signal and reference microfluidic channel.
Next to the introduction to the used optical measurement configuration,
we elaborated on the signal-to-noise ratio of our set-up. It was found that
although the set-up aims at maximizing the common path, non-common
noise limits our dual-beam design. Still, a high long-term SNR of 36.29 dB
for 2 hours is achieved. In addition, we have investigated the sensitivity of
our set-up to noise and identified slow drift and temperature variations as
the limiting factors.
In the measurement results section of this chapter, we have shown that
we can reliably measure the transmission spectrum of glucose in physio-
logical concentrations. Thanks to these reliable measurements, we could
establish a linear regression model that relates the measured spectra to
a glucose concentration. A good error-of-fitting of 1.14 mM was found,
when we could make use of the virtual water extraction procedure. This is
on par with the requirements for in vivo continuous glucose monitoring.
A slightly higher value of 1.63 mM was measured when we do not have
access to regular water reference measurements.
Whereas we focused on glucose detection in aqueous solutions, we have
raised the sample complexity in two steps. Firstly, a high concentration of
NaCl (154 mM) was added to the glucose solutions. This is relevant as the
human body contains this high concentration of salts. Secondly, we mea-
sured glucose in human serum.
In the measurements with NaCl we found a strong initial transient when
switching from pure DI water to NaCl solutions. More research is needed
to investigate the cause of this behavior and if it occurs for other salts as
well. Still, we were able to detect glucose, albeit only for a higher concen-
tration.
In the serum measurements, again a strong transient was found when
switching between water and serum. Nonetheless, we could extract the
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glucose transmission spectra using a virtual serum analysis. Camera im-
ages showed that the serum proteins adhere to the sensor surface and limit
the confinement factor determination. This in turn, creates a missing link
to estimate the glucose concentration from a transmission spectrum. For
an implantable sensor, this protein adherence should thus be avoided.
To conclude this chapter, we can state that we have successfully measured
physiologically relevant glucose concentrations using evanescent absorp-
tion spectroscopy on a silicon chip. To enhance the glucose detection limit,
the long-term stability of our set-up should be improved. This can be
achieved by optimizing the fiber array/chip interface, which will reduce
the slow-drift effects due to small changes in the fiber array alignment
above the output grating couplers. Another straightforward solution to
limit the non-common drift, is the use of integrated photodiodes with a
very low-noise electronic read-out unit.
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Thus far, we assumed that we can use a dual-beam evanescent sensor, with
a signal and reference arm, to measure glucose in vivo. However, we never
defined how the reference arm should look like. To maximize the efficiency
of a dual-beam system, the reference arm should be exactly the same as the
signal arm, apart from the glucose content. We know that the signal arm of
our implantable evanescent sensor will be in contact with interstitial fluid
(ISF). This fluid consists mainly of water, but has a high degree of com-
plexity due to the large variety of small molecules and proteins that are
present. So now we should ask ourselves, how can we approach this sit-
uation, where the reference arm sees the same ISF, apart from the glucose
molecules? We cannot simply put a physical barrier that passes glucose
but withholds all other molecules or vice versa.
In this chapter, we will show that the gradient in glucose concentration,
naturally created by diffusion, enables a dual-beam design for in vivo mea-
surements. By exploiting this diffusion-induced concentration gradient,
we can design an implant for which the signal sensor sees the relevant glu-
cose level, whereas the reference sensor is set to see a quasi monotonous
(low) glucose value. Nonetheless, the water content will be the same at
both sensors, so that we can still eliminate the dominant water absorption
from the transmission spectrum. The conceptual idea is shown in figure
7.1. This idea was implemented in a new opto-fluidic chip design. By us-
ing this chip for evanescent glucose sensing experiments, we could demon-
176 CHAPTER 7
strate the potential of our proposed solution.
This chapter is structured as follows: firstly, we derive a theoretical model
to give insight in our proposed solution for in vivo dual-beam spectroscopy.
Secondly, we detail on the opto-fluidic chip design. Next, we discuss the
measurement results that were obtained with this optofluidic chip. Finally,
we end with a conclusion.
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Figure 7.1: Implantable dual-beam evanescent sensor
7.1 Theoretical model
In this section, we discuss our approach in more detail using straightfor-
ward simulations based on the 1D diffusion equation. In addition, we de-
rive the transfer function for diffusion in a half-open (1D) channel. Lastly,
we list a few design considerations that are relevant for the in vivo sensing
application.
7.1.1 Diffusion-assisted dual-beam configuration
To illustrate the main idea, we simulate a 4 cm long, but narrow microflu-
idic channel, that is open on one side but closed on the other. At the en-
trance of this diffusion channel, we apply 5 different glucose concentra-
tions as listed in table 7.1.
Time of the day breakfast morning lunch afternoon dinner night
Glucose [mM] 7.0 5.0 10.0 6.0 9.0 4.0
Table 7.1: APPLIED GLUCOSE CONCENTRATION
Glucose has a diffusion coefficient D of 6.75x10−10m2/s at a temperature
of 25◦C and is initially uniformly distributed (5.5 mM) in the 4 cm long mi-
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crofluidic channel. By solving the 1D diffusion equation with these bound-
ary conditions, we can monitor the glucose distribution along the diffusion







with D the diffusion coefficient. The result is plotted in figure 7.2. We







































Figure 7.2: Simulation example of 1D diffusion in a half-open diffusion channel
with a varying input glucose concentration.
can easily see that a sensor, residing in approximately the first 500 µm,
would quickly respond to the applied concentration at the entrance of the
diffusion channel. In contrast, a sensor at the end of the diffusion channel
remains constant. For a sensor in the first cm of the diffusion channel, we
can see small (<1 mM) variations over time. Generally we can say that, as
long as the average applied glucose concentration is constant, we can make
the diffusion channel long enough to avoid any substantial variation at the
end. Still, all other environmental parameters (e.g. temperature, water
content) can be uniform along the diffusion channel. This way, a sensor
located at the end of the diffusion channel is a good reference for a signal
sensor that resides at the entrance.
7.1.2 Transfer function model
Diffusion can be modeled as a linear time invariant (LTI) system. There-
fore, we can use a transfer function to yield the frequency response at every
position in the diffusion channel. Here, we derive the 1D transfer function
for a diffusion channel of length L, that is closed on one side. In order to
find the transfer function, we first need to derive the step response. The
step response is the solution to the diffusion equation for the following
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boundary conditions:
C = 0, t < 0 ; C(x = 0) = C0, t ≥ 0 (7.2)
δC
δx
= 0, x = L (7.3)
By following a similar derivation as in [1], we obtain the step response:
S(x, t) = C0
∞∑
n=0












with erfc the complimentary error function. Once we have this step re-




= h(x, t) (7.5)





with p a complex number such that this integral converges. Then, by tak-
ing the Laplace transform of both sides of equation 7.5, we obtain:
L(h(x, t)) = H(x, p) = p.L(S(x, t))− S(x, t = 0+) (7.7)
The last term reduces to zero as the erfc(∞) = 0. The transfer function that
we are looking for is the Fourier transform of the impulse response h(x, t).
But as the impulse response is only known for t > 0, the Fourier transform
reduces to the Laplace transform with p = iω. Thus by using equation
7.7, if we know the Laplace transform of the step response S(x, p), we can
calculate the transfer function H(x, ω). Using Laplace transform pairs we

















The transfer function is then known as:
H(x, ω) = C0[e
√
iω










We have evaluated this transfer function for a set of frequencies in function
of distance along the microfluidic channel. The result is shown in figure
7.3. As expected, fast glucose variations are damped by the diffusion pro-
cess and this damping is more effective with increasing distance.

























Figure 7.3: Transfer function of 1D glucose diffusion in a half-open 4 cm long
diffusion channel.
In general, the concentration measured at the reference sensor Cref is re-
lated to the concentration measured at the signal sensor Csig through the
impulse response h(x,t): Cref = (h ∗ Csig)(t). If we take the ratio of the





1− α(h ∗ Csig) ≈ 1− α[(1− h) ∗ Csig] (7.10)
To calculate the concentration Csig from this equation, we need a deconvo-
lution step in the data processing.
7.1.3 Design considerations
In the ideal case, the reference sensor varies only by an amount smaller
than the accuracy of our sensor, such that the reference sensor can be con-
sidered constant. This can be achieved if the reference sensor is placed at
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Figure 7.4: (a) Simulation result of diffusion in a 2 cm long channel to see at which
distance the glucose variations are reduced to 1 mM (b) 2 cm long microfluidic
channel illustrating the possibility for sensor multiplexing.
Here, we will do a simple calculation of the diffusion length that is nec-
essary to obtain a reference reading that varies maximally with 1 mM,
whereas the signal reading varies over the full physiological glucose range
(3 to 20 mM). We let the glucose supply vary up and down at the typi-
cal rate of glucose change. The mean rate of blood glucose change in 111
diabetic patients was measured in [2] to be -0.36±0.95 mg dL−1 min−1 be-
fore lunch and 0.36±0.99 mg dL−1 min−1 after lunch. This boils down to a
change of 1.2 mM per hour. The result of this calculation is shown in fig-
ure 7.4(a). At a distance of 1.2 cm the variations are reduced to 1 mM. By
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increasing the length of diffusion channel beyond this 1.2 cm, we can add
some safety margin for slower variations.
However, there is a trade-off between the length of the diffusion channel
and the size of our implant. Similar to our evanescent sensors, it makes
sense to design a spiral-shaped diffusion channel to reduce the footprint.
The width of the microfluidic channel is determined by the spiral sensor
dimensions. If we consider a ridge waveguide spiral sensor with optimal
length for the first overtone band with square dimensions of 160x160 µm2,
then the footprint of a 2 cm long microfluidic channel, with a 200 µm width,
is 4 mm x 1.6 mm. An example of such a microfluidic channel is shown in
figure 7.4(b). We can see that there is plenty of space to add additional spi-
ral sensors. These sensors can provide extra means to differ glucose from
other components in the ISF. Nonetheless, it is a topic of further research
to see how these extra sensors should be placed to increase the detection
limit.
















diffusion channel 1 mm
Figure 7.5: Opto-fluidic chip design
As in chapter 6, we fabricated a new opto-fluidic chip for dual-beam evanes-
cent glucose sensing. The silicon-on-insulator chip design is the same as in
section 6.1.1. Contrary, the microfluidics design of the opto-fluidic chip is
substantially different and is schematically shown in figure 7.5. We use a
flow channel to supply glucose to a diffusion channel. This diffusion chan-
nel has a small outlet at the end that can be sealed. This small outlet is
necessary to fill this diffusion channel with pure DI water at the start of an
experiment. The signal spiral resides at a small distance of 100 µm from
the entrance of the diffusion channel and the reference spiral at a distance
of 6.5 mm.
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Variations of the glucose supply in the flow channel are quickly sensed by
the signal spiral. In contrast, the reference spiral is not affected by these
glucose variations given the distance and our experimental settings (see
next section). The main difference of this in vitro implementation compared
to the in vivo setting, is the flow at the entrance of the diffusion channel.
In the next chapter (chapter 8), we shortly discuss how this flow induces
small convective currents at the entrance of the diffusion channel. This
way, glucose molecules travel down the beginning of the diffusion chan-
nel faster than expected based on pure diffusion alone. The magnitude of
these convective currents depends on the flow speed in the flow channel
and decreases exponentially with distance. Given the flow-speed and dis-
tance to the reference sensor in our opto-fluidic chip, the impact of these
convective currents is negligible.
7.3 Measurement results
As the measurement configuration is the same as described in chapter 6,
we immediately start by describing the experimental results of the diffusion-
assisted dual-beam glucose measurements.
7.3.1 Glucose experiment with different concentrations
In this experiment, we flow different glucose solutions, alternated with
pure DI water, through the flow-channel at a steady rate of 9 µm/L. Five
different glucose concentrations are used: 8 mM, 16 mM, 24 mM, 36 mM
and 70 mM. These are somewhat higher values than in previous glucose
experiments, but the actual glucose concentration at the sensor is lower
than the glucose concentration in the flow channel. This is due to the mix-
ing of glucose with water in the beginning of the diffusion channel.
The signal spiral transmission spectra are continuously acquired with a
wavelength step of 5 nm and after every 20 spectral sweeps, the valve is
switched between DI water and a glucose solution. The measurement re-
sult is shown in figure 7.6(a,b). A clear correlation between the change
in power and the applied glucose concentration is present for the various
wavelengths for the signal sensor, whereas the reference sensor shows no
correlation. This means that the diffusion approach works well. Still, a
very strong slow drift is present for both sensors (5 % drift over a 1.5 hour
measurement). The reason for the large drift in this experiment is unkown.
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Figure 7.6: Evolution of the detected power of (a) the signal spiral and (b) the
reference spiral at different wavelengths when five different glucose solutions are
applied. The switching moments are indicated by the black line and the height
refers to the applied glucose concentration.
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The evolution of the ratio of the signal power over the reference power for
the different wavelength sweeps is shown in figure 7.7. The glucose dips
are clearly visible and the strong drift from the signal and reference arm is
partially eliminated. The virtual water elimination procedure (see section
6.5.3) was used to extract the glucose spectra from the ratio. The following
settings were used: δN=4 (wavelength sweeps), Navg=1, M=3 and O=6. In
addition, we have averaged the first five glucose absorption spectra to one
high SNR absorption spectrum and this for all of the different applied glu-
cose solutions.
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Figure 7.7: Evolution of the ratio at different wavelengths when five different
glucose solutions are applied. The switching moments are indicated by the black
line and the height refers to the applied glucose concentration.
Based on the retrieved five glucose spectra, we made a linear regression
model, in which we used the absorbance Ar = log10(T70mM ) of the 70 mM
glucose solution as the regression vector Vr = Ar/70 (see section 6.5.4). The
result of this linear regression model is shown in figure 7.8. As expected,
we have a slight under-estimation of the glucose concentration. The error-
of-fitting of this measurement was calculated to be Eˆ=1.41 mM (using the
predictions Cpr of all glucose measurements except for the 70 mM glucose
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prediction). Although higher glucose concentrations were applied in these
experiments, this low error-of-fitting demonstrates the potential of this ap-
proach for an in vivo sensor.
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Figure 7.8: Linear regression model for glucose prediction when the virtual water
procedure is applied
7.4 Conclusion
We investigated a new dual-beam configuration that is suitable for in vivo
measurements. In this configuration, we use a long half-open microflu-
idic channel in which the signal sensor is placed at the entrance and the
reference sensor at the end. The entrance of this channel serves as the glu-
cose supply and glucose molecules travel down the microfluidic channel
through diffusion. This slow diffusion process effectively filters fast and
strong glucose variations. Thus, the signal sensor sees the fast variations
and the reference sensor sees a quasi monotonous value.
In this short chapter, we have presented the theoretical basics and a proof-
of-concept experiment with a good error-of-fitting of Eˆ=1.41 mM. Still, we
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believe that there is still a lot of interesting research to be done. Interesting
research questions include:
• Can we use differences in diffusion speed to distinguish glucose from
other small molecules in the interstitial fluid?
• What is the optimal sensor multiplexing strategy?
• How can we calibrate this sensor for slow changes in the average
glucose concentration?
• What is the best way to analyze the obtained spectra to retrieve the
glucose concentration?
References
[1] John Crank. The mathematics of diffusion. Oxford university press, 1979.
[2] Timothy C Dunn, Richard C Eastman, and Janet A Tamada. Rates of glu-
cose change measured by blood glucose meter and the GlucoWatch Biographer
during day, night, and around mealtimes. Diabetes Care, 27(9):2161–2165,
2004.
8
Measurement of small molecule
diffusion with an optofluidic
silicon chip
Whereas the diagnostic measures for diabetes are based on the blood glu-
cose level, our implantable sensor is set to measure glucose in the inter-
stitial fluid (ISF). Generally, the glucose concentration in ISF has a close
relation with the blood glucose level thanks to the omnipresent blood cap-
illaries. Glucose molecules are transferred from these capillaries into the
ISF and then travel through the process of diffusion to the cells that take
up the glucose. This diffusion process is slow, as on average it takes a
glucose molecule about 1 day to travel 1 cm in ISF. This slow movement
is, however, not a problem for our body, as the mean distance between the
blood capillaries and the cells that need glucose is very small. Nonetheless,
for our sensor this slow diffusion can become problematic. If the distance
between the closest blood capillary and our sensor surface is large, we will
measure the glucose concentration with a large delay. This can cause the
sensor to signal a hyper- or hypoglycemia too late, leading to health com-
plications.
To avoid this slow response time, we should design the sensor such that the
glucose supply to the sensor surface is guaranteed. Therefore, we study in
this chapter the diffusion of glucose molecules in aqueous solutions. To en-
able accurate measurements of the diffusion speed, we devised a new opto-
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fluidic chip with ring resonator sensors. These small sensors are very sen-
sitive to glucose-induced refractive index changes and can be placed along
a microfluidic channel to measure the glucose concentration gradient over
time. The measurement of diffusion speed can also can be achieved with
a multiple of other methods, e.g. interferometry [1, 2] or fluorescence mi-
croscopy [3, 4]. Typical limitations involve the stability requirements for an
interferometric set-up and a need for labeling and a limited field-of-view
of the microscope for the latter method. It is, however, true that there is no
diffusion-measurement technique that outperforms all other techniques.
Therefore, the preferred method is often a choice based on the availability
of equipment, cost and microfluidic chip layout.
This chapter is structured as follows: Firstly, we derive theoretically the
impact of glucose on the refractive index of an aqueous solution. Secondly,
we shortly discuss the operation principle of ring resonators sensors that
are sensitive to this glucose-induced refractive index change. Thirdly, we
will show how an array of these ring resonators can be used to measure
the diffusion speed of glucose molecules in microfluidic channels. Next,
we discuss our method in terms of accuracy and robustness to noise. Fi-
nally we end with a conclusion.
8.1 Refractive index change due to glucose
Figure 8.1: Comparison of the fitted extinction ratio of glucose calculated through
the Lorentz classical oscillator model to a reference FTIR measurement.
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In this section, we will show a general approach to obtain δnmixδC , the change
in refractive index of a diluted aqueous solution nmix due to a change in
solute concentration C.
Based on the theory of electrostatics of dielectrics by L. Landau [5], the
dielectric permittivity mix of a diluted solution can be written as:




in which solvent and solute are the dielectric permittivity of respectively
the solvent and solute molecules. This expression is correct to the first or-
der of C, with C the concentration of the solute.
The dielectric permittivity  is a wavelength-dependent complex quantity
that can be written as: =r-ji with r = n2 − κ2 and i = 2κn in which
n represents the (real) refractive index of the material and κ the extinc-
tion coefficient of the material due to absorption losses (κ = αλ4pi ). To solve
equation 8.1 for a given concentration C, we need to know the complex
valued solvent and solute. In the case of aqueous glucose solutions in the
near-infrared, we can easily find both nH2O and κH2O in literature such
that H2O is known. But for glucose only κgluc is known. Luckily, due to
Kramers-Kronig relations, the real part of the permittivity can be calcu-
lated when κgluc is known.
To find gluc, we make use of the following formulas, derived originally by
nobel laureate H.A. Lorentz:






















The first equation writes the complex permittivity as a sum of lorentzian
oscillators with center frequency νs, oscillator strength fs and damping
factor gs. The value of e is the value of the permittivity at frequencies
much higher compared to the considered ν. For glucose, we know the
peak absorption features, such that the νs are approximately known. We
perform least-square fitting of the remaining parameters fs and gs to yield
the correct r and i that matches the known κgluc from a reference FTIR
measurement ([6]), through equation 8.3. The result of this fitting proce-
dure in the first overtone band, is shown in figure 8.1. Now that gluc is
known, we can calculate mix for different concentrations and derive nmix
through equation 8.3. Finally, we find that for aqueous glucose solutions
δnmix
δC = 2.16e-5 RIU/mM at a wavelength of 1550 nm, with RIU =refractive
index unit.
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Although this derivative seems small (≈ 1e−5), we will present in the next
section a small sensor that is very sensitive to these small variations in the
refractive index. This sensor can thus be implemented to monitor the glu-
cose concentration.
8.2 Silicon-on-insulator micro-ring resonator sens-
ing
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Figure 8.2: (a) Microscope picture of a micro-ring resonator in add-drop
configuration. (b) Simulation of the transmission spectrum of this ring resonator.
The red and black curves show respectively the drop- and pass ports. The
resonant wavelengths shift due to the presence of glucose with a concentration of
50 mMol.
A silicon-on-insulator (SOI) ring resonator (see figure 8.2(a)) supports op-
tical modes with wavelength λ that satisfy the resonance condition
2pi
λ
neff (λ)L = m · 2pi (8.4)
with neff the effective refractive index of the circulating mode, L the cir-
cumference of the ring and m is an integer representing the order of reso-
nance. From this relation and in the absence of dispersion, it follows that






By taking the transmission spectrum of a ring resonator and by subse-
quently identifying the wavelength shift of the resonances, one can thus
detect a change in the surrounding fluid. As shown in the previous section
8.1, the refractive index changes linearly with the solute concentration in
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an aqueous solution. For glucose the proportionality constant δnδC is 2.16e-5
change in refractive index unit (RIU) per mMol. A micro-ring is thus read-
ily implemented as a glucose sensor. Figure 8.2(b) demonstrates how the
transmission spectrum of a micro-ring changes when glucose is present.
It is useful to rewrite equation (8.5) to take into account dispersion, which
is large for the high-index contrast SOI material system. Due to dispersion,
the resonance wavelength change will also have an effect on neff . The










∆nenv with ∆nenv the change in re-
fractive index in the environment and ng is the group index, defined as
ng = neff − λ δneffδλ .
8.3 Opto-fluidic chip for diffusion monitoring
Here, we introduce a new opto-fluidic chip for evanescent refractive in-
dex sensing, as opposed to evanescent absorption spectroscopy. The opto-
fluidic chip consists of a silicon-on-insulator chip with integrated ring res-
onator structures and microfluidics in PDMS. The developed opto-fluidic
chip can monitor the diffusion of glucose along a microfluidic channel.
This microfluidic channel encloses a set of equally spaced ring resonators.
The channel is open on one side for the solutes to enter, but is closed on
the other side. We apply a step function in solute concentration at the en-
trance of this channel and observe how the concentration evolves along
the channel. As the channel is long but narrow, we essentially study the
longitudinal diffusion.
The first demonstration of this glucose diffusion measurement was per-
formed by master thesis student Agnes Lee [8]. Additional experiments
with aqueous NaCl solutions were then performed to demonstrate that
this diffusion measurement set-up yields an accurate measurement of the
diffusion coefficient for different types of small molecules and at different
temperatures. To get a better understanding of the flow and mass transfer
in our opto-fluidic chip and to optimize the data processing strategy, we
collaborated with professor Jan Vierendeels from the Department of Flow,
Heat and Combustion Mechanics at Ghent University, who performed sim-
ulations of our opto-fluidic chip and with whom we had regular discus-
sions.
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8.3.1 Opto-fluidic chip design
Figure 8.3: Schematic of the silicon-on-insulator chip design with illustration of
the read-out principle. An optical fiber is used as the input and camera images are
taken from the light coupled out from a grating coupler array. (figure adopted
from [9])
As mentioned before, the opto-fluidic chip consists of a SOI photonic chip
with ring resonators and microfluidics in PDMS. The photonic chip was
originally designed by a former PhD student Katrien De Vos, for another
refractive index sensing experiment. An input grating coupler is used to
excite the quasi-TE mode of the ring resonators which consist out of 500
nm wide and 220 nm high wire waveguides. The ring resonators have a
footprint of 12x12 µm2 and are grouped in sets of four rings with slightly
increasing circumference. These four rings are in the add-drop configura-
tion and spaced equally with a distance of 1.8 mm (see figure 8.3). At the
operating wavelength of 1550 nm, the free spectral range of the rings with




The microfluidic design has one main channel connecting the inlet with
the outlet and one perpendicular branch which we call the diffusion chan-
nel. All the fluidic channels are 200 µm wide and 50 µm high. The diffu-
sion channel must be closed at one side to avoid flow in this branch. Two
slightly different designs were fabricated, differing mainly in the number
of ring resonators that are enclosed. The first design is shown in figure
8.4(a) and was used for the glucose diffusion experiments. The small num-
ber of bends in this design is interesting to study the effect of flow in the
main channel, but limits the number of micro-rings that are sampled. The
second design (figure 8.4(b)) encloses four sets of micro-rings with a spac-
ing of 1.8 mm. Each set has three vertically spaced ring resonators sepa-
rated by a short distance of 0.1 mm. This design was used for NaCl diffu-
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Figure 8.4: (a) Microfluidics design showing the main channel, from inlet to outlet,
and the perpendicular diffusion channel, that encloses the ring resonator glucose
sensors. (b) Microfluidics design that is used for NaCl experiments. The diffusion





Figure 8.5: (a) Overview of the measurement set-up (b) close-up picture of the
opto-fluidic chip (taken from [8])
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Optical read-out system
All micro-rings are fed by one tunable laser source. The laser light is cou-
pled from an optical fiber into the SOI chip using grating couplers [11].
Identical grating couplers are used to image the signal from both the pass
and drop ports of all the ring resonators simultaneously onto a fast in-
frared camera. By tuning the laser wavelength, the output spots from the
drop ports will vary in intensity with peaks at the ring resonances. Con-
versely, the pass ports will show a dip in intensity at the ring resonances.
The opto-fluidic chip is mounted on a temperature controller and the ex-
periments took place in a cleanroom environment. The data acquisition
rate to measure consecutive transmission spectra depends on the FSR of
the set of micro-rings and the chosen wavelength resolution to resolve the
various resonances. It takes e.g. 16 seconds to measure the transmission
spectrum over a wavelength range of 16 nm with a stepped resolution of 10
pm. The transmission spectra are continuously acquired. For every trans-
mission spectrum, we first fit a lorentzian to the resonance to determine the
peak wavelength. This way, we can accurately determine the wavelength
shift of the resonances between consecutive measurements.
In our set-up, the smallest detectable wavelength is 0.6 pm, which corre-
sponds to a glucose concentration of 0.079 g/L and to a NaCl concentration
of 0.066 g/L. This optical set-up was developed by the bio-sensing team
from the photonics research group. Additional information can be found
in [12].
Fluid handling
Deionized (DI) water solutions with a glucose concentration of respectively
70 g/L, 90 g/L and 300 g/L (D-glucose from Sigma-Aldrich) were pre-
pared as well as a NaCl solution with a concentration of 300 g/L. To avoid
air bubbles in the solutions, they are degassed in an ultrasonic bath with a
vacuum pump. This step is very important as the large change in refractive
index between water and air gives a huge shift in resonance wavelengths
and distorts the measurement results heavily. To switch between two so-
lutions without generating an air bubble, we use a manual selection valve
(not shown in figure 8.5).
The output of the valve is connected to the inlet of the PDMS microfluidics
with a flexible PTFE micro-tube. The outlet is connected with a similar
tube to a petri-dish to collect the waste fluids. A syringe injection pump
(Harvard apparatus) is used to pump the samples.
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8.4 Diffusion measurements
8.4.1 Glucose diffusion experiments
We first experimentally verified the expected wavelength shift for a glucose
concentration of 300 g/L. We then performed two experiments, one with
flow and one with stopped flow in the main microfluidic channel. This
way, we can study the effect of the flow in the flow channel on the speed
of mass transport in the diffusion channel at the set temperature of 25◦C.
Measurement of the glucose induced resonance shift


























Figure 8.6: Shift in resonance wavelength due to a glucose concentration of 300
g/L.
To measure the sensitivity of the ring resonators for glucose, we evaluate
the shift in resonance of the ring resonators due to a glucose concentra-
tion of 300 g/L. A straight microfluidic channel is placed above a set of 7
ring resonators and a set of three ring resonators is positioned just outside
this microfluidic channel to serve as a reference. First, pure DI water is
applied, followed by a glucose solution of 300 g/L. After about 3 minutes,
the valve is switched back to pure DI water. The result is shown in fig-
ure 8.6. The ring resonators inside the microfluidic channel experience a
mean wavelength shift of 2.44 nm after 150 seconds, whereas the reference
resonators show the expected flat response. Although the ring resonators
are identical in design, the fabrication process leads to small differences in
the physical dimensions of the ring resonators. This causes each of them
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to have a slightly different sensitivity, hence resonance shift, for glucose.
The standard deviation on the mean shift is 12.7 pm which corresponds to
a 0.5% variation between the different micro-rings.
Experiment with stopped flow
Initially we flow pure DI water through the main channel of the optofluidic
chip. The pump speed is set to 10 µL/min. The flow is laminar given the
dimensions of the microfluidic channels. There is no flow in the diffusion
channel, as it is completely sealed at the end. We then switch the valve to
the glucose solution of 90 g/L and inspect the transmission spectrum of the
first ring which is at the entrance of the diffusion channel. As soon as the
resonances of this ring start to shift, the pump is switched off. This makes
sure that the main channel now serves as a still glucose reservoir (but with
a slowly time-varying concentration). During the fluid transfer from valve
to optofluidic chip, a parabolic flow profile in the 25-cm long PTFE micro-
tube leads to a strong radial concentration gradient. This leads to a large
diffusion component in the radial direction and reduces the mean axial
concentration gradient in the downstream flow direction. Thus, given that
diffusion also occurs in the 25-cm long PTFE micro-tube, there is no sharp
transition between the water and glucose solution. Therefore, when the
first ring starts to shift, the concentration in the main channel is not imme-
diately 90 g/L. In our experiment, the concentration in the main channel is
60 g/L when the pump is stopped. The glucose concentration at each ring
is monitored for about two hours to observe the diffusion process. The
measurement results are presented in figure 8.7(a).
It shows the expected outcome that the first ring, at a distance of 145 µm
of the main channel, reacts fast to the sudden concentration gradient and
soon reaches saturation. The rings at distances 1945 µm and 3745 µm show
a delayed and slower rise. In the later section 8.5.1, we calculate the glu-
cose diffusion coefficient based on these measurements.
Experiment with flow
Throughout the complete second experiment, we pump the fluids with a
steady flow of 10 µL/min. Again, we verify that there is no flow in the
diffusion channel. At first, the channels are filled with pure DI water, then
the valve is switched to a glucose solution of 70 g/L. After 50 minutes the
valve is switched back to the pure DI solution. As the pump is running
continuously, there is a constant supply of glucose molecules with a fixed
concentration to the entrance of the diffusion channel. The ring resonator
responses to this applied block function are shown in figure 8.7(b).
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Figure 8.7: Glucose concentration as calculated from the wavelength shift of the
micro-ring resonances in function of time at the discrete positions of the ring
resonators for (a) a stopped flow and (b) a continuous flow at the entrance of the
diffusion channel. The wavelength shifts are a direct measure for the position and
time-dependent glucose concentration in the diffusion channel.
The signal from the first ring corresponds well with the applied glucose
concentration profile. The second and third ring both show the increase
and decrease in glucose concentration, whereas the decrease still has to set
in for the last ring. When we compare the time scale of the experiment with
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and without stopped flow, we immediately note the faster mass transport
of the latter. If we look e.g. at the response of the ring resonator at a dis-
tance of 1945 um from the entrance of the diffusion channel, we note that
it has reached a glucose concentration of 43.7 g/L after 2500 seconds in the
case of continuous flow at the entrance whereas it only reaches 17.7 g/L
when the flow was stopped. The applied input concentration, however,





Figure 8.8: Plot of the velocity vectors at the entrance of the diffusion channel.
This shows the driven cavity effect (simulation by prof. Jan Vierendeels)
This faster mass transport can be explained by two effects. Firstly, the main
channel serves as a reservoir with constant concentration and secondly, the
presence of a convective flow that carries the glucose molecules down the
diffusion channel. Although the diffusion channel is closed, the flow in
the main channel induces convective currents. This is an example of a
driven cavity which is a well-known phenomenon in viscous incompress-
ible fluids.[13],[14] The velocity of the convective flows decreases exponen-
tially along the diffusion channel. In figure 8.8 we show a simulation result
of this driven cavity effect with the software Fluent R©, for the dimensions
of our microfluidic channels for a flow speed of 50 µL/min. In figure 8.9
the exponential decay of the convective flow along the diffusion channel is







Figure 8.9: Exponential decay of the flow speed of the convective currents with
distance in the diffusion channel. (simulation by prof. Jan Vierendeels)
8.4.2 NaCl diffusion experiments
Three experiments with NaCl were performed. In the first experiment we
measure the sensitivity of the ring resonators to NaCl. In the second and
third experiment we perform a diffusion experiment with stopped flow at
both 20◦C and 30◦C. This allows us to confirm the faster diffusion rate
with increasing temperature.
Sensitivity to NaCl
In the first experiment we determine the sensitivity of the micro-ring res-
onators to a 300 g/L NaCl aqueous solution. The pump speed is set to 25
µL/min. First pure DI water is applied, followed by the NaCl solution after
which we switch the valve again to pure DI water. The resulting evolution
of the resonance shift for a set of seven ring resonators is measured. The
three reference ring resonators that are outside the microfluidic channel
show a flat response. The micro ring resonators exhibit a mean shift of 2.71
nm after 500 seconds with a standard deviation of 46 pm. This corresponds
to a 1.7% variation between the different rings with an identical design.
This is a rather high value, but poses no problem to accurately study the
evolution of concentration profiles in micro-fluidic channels. Indeed, the
information from this type of measurement can be used to our advantage
to calibrate the response from the individual micro-ring resonators.
First a sensitivity factor ∆λring∆λmean is calculated for each ring with ∆λ the
wavelength shift due to 300 g/L of NaCl. This sensitivity factor is then
used to linearly scale the measured resonance shift during the diffusion
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experiments. In addition, the mean shift is used to calculate the conver-
sion factor between wavelength shift [nm] and NaCl concentration [g/L].
Experiment at 20◦C
































Figure 8.10: NaCl concentration as calculated from the wavelength shift of the
micro-ring resonances in function of time at the discrete positions of the ring
resonators at a temperature of 20◦C. The dotted lines show the flat responses of
the reference ring resonators.
Initially we flow the pure DI solution through the main channel of the
optofluidic chip. The pump speed is set to 5 µL/min and the tempera-
ture controller is fixed at 20◦C. We then switch to the NaCl solution and
as soon as the first ring resonator starts to shift the pump is stopped. The
shift of the ring resonators is then recorded during 2500 seconds. The re-
sults are shown in figure 8.10. The time axis starts at the transition from
pure DI water to the Nacl solution. The stated position of the various ring
resonators is the distance from the entrance of the diffusion channel to the
ring resonator (as designed), with straight lines and 90 degree bends, along
the center line of the microfluidic channel.
Experiment at 30◦C
For this experiment, a new optofluidic chip was fabricated. The temper-
ature controller was set to 30◦C and the flow speed to 5 µL/min. After
switching to the NaCl solution from a pure DI solution, the pump was
stopped when the first ring resonator is shifting in resonance. The results
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Figure 8.11: NaCl concentration as calculated from the wavelength shift of the
micro-ring resonances in function of time at the discrete positions of the ring
resonators at a temperature of 30◦C. The dotted lines show the flat responses of
the reference ring resonators.
of this measurement are shown in figure 8.11. Again a clear diffusion pro-
file is found.
8.5 Discussion of the results
8.5.1 Extraction of the diffusion coefficient
To calculate the diffusion coefficient D, we use the explicit finite difference






(Ci,j+1 − 2Ci,j + Ci,j−1) (8.7)
In the above equation, Ci,j represents the solute concentration at time t =
i · ∆t and position x = j · ∆x. The microfluidic channel is approximated
by a straight line of length 1 cm. The left boundary condition is a mea-
sured concentration profile Cinput, whereas the right boundary condition
is the impermeable wall condition. First, we set the step size along the
microfluidic channel to ∆x. We then perform a spline interpolation of the
measured Cinput to a fixed temporal grid with a time step ∆t. To obey the
stability condition for the explicit finite difference expression, this ∆t must
obey ∆t ≤ ∆x22D . Secondly, the evolution of solute concentration, during
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the experimental time of Texp, is determined for a large set of diffusion co-
efficients along the microfluidic channel with step ∆x. These theoretical
curves Ci,j(D) are then evaluated at the position of the ring that we want
to predict. Finally, the sum of least squares S(D) is calculated (8.8) between
these theoretically predicted Cp(t,D) curves and the experimental results





We can then extract the measured diffusion coefficient as the minimum in
the least squares curve S(D). Important to note is that we use the raw con-
centration data from the measurements, without any post-processing such
as noise filtering, as an input for the diffusion extraction procedure.
The distance L, the shortest distance between the two rings, is determined
by the microscope images from the fabricated sample. This is necessary as
the fabricated sample can have a misalignment between the microfluidics
and SOI design. The choice about which ring resonator serves as the input
for the simulation Cinput and which ring as the predicted curve Cexp, can
be optimized. Firstly, the input ring has to be closer to the entrance of the
diffusion channel than the predicted ring. Secondly, the ring resonators
close to the entrance of the diffusion channel can be influenced by the ini-
tial flow conditions whereas the ring resonators at the end of the diffusion
channel have a weaker signal.
In the NaCl experiment at 20◦C, we used the middle ring of set 2 to predict
the middle ring of set 3. The distance to the predicted ring is discretized
into 100 parts, leading to ∆x = 19.45µm. The other parameters for the data
analysis were ∆t=0.1 s, Texp=2500 s and L=1945 µm. The minimum in the
least squares curve is found for a diffusion coefficient of 13.74x10−10m2/s.
For the NaCl experiment at 30◦C, the first ring of set 2 and the first ring
of set 3 is used. They are horizontally aligned, therefore the distance L is
1800 µm. The position step is ∆x = 18µm, the time step ∆t=0.09 s and the
total experimental time Texp=1999.98 s. From the least squares fitting, we
can extract a diffusion coefficient of 16.31x10−10m2/s.
Finally, we also extracted the glucose diffusion coefficient from the stopped
flow experiment in section 8.4.1 using the ring at 1945 and 3745 µm with
parameters ∆x = 18µm, ∆t=0.2 s, Texp=5000 s and L=1800 µm. A value of
6.55x10−10m2/s is obtained.
We also investigated if a smaller ∆x and ∆t had an effect on the resulting
diffusion coefficient. Hereto, we followed the same diffusion extraction
procedure for the NaCl experiment at 30◦C with ∆x = 5µm, ∆t=0.007 s
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and ∆x = 10µm, ∆t=0.025 s. We found that the diffusion coefficient equals
16.311x10−10m2/s for both ∆x = 5µm, ∆x = 10µm and ∆x = 18µm,
showing that the extracted diffusion coefficient varies less than 0.1%, hence,
the numerical solution is converged.
A clear advantage of this analysis method is that the exact concentration at
the entrance of the diffusion channels doesn’t have to be known. This en-
trance concentration is hard to predict and depends strongly on the exact
experimental settings such as the length of the tubing, flow speed, connec-
tion between tubing and the microfluidics etc.
8.5.2 Comparison with literature
The measured concentration profiles are impacted by errors in the res-
onance fitting procedure, non homogeneities in the sample fluid, and a
limited acquisition rate. It is therefore interesting to evaluate how tight a
diffusion estimate can be obtained. From literature we find a NaCl diffu-
sion coefficient of 13.08x10−10 m2/s at 20◦C. This diffusion coefficient D
was calculated from the literature value at 25◦C (T0 = 298.15K ) by using




T0 · µ(T ) ·D(T0) (8.9)
Similarly, we find a NaCl diffusion coefficient of 16.79x10−10 m2/s at 30◦C.
The literature value of the glucose diffusion coefficient is 6.75x10−10 m2/s
at 25◦C. [13] When we compare the diffusion coefficients obtained by the
experiments and the literature values we find a discrepancy of −2.96%,
+5.04% and −2.86% for glucose, NaCl at 20◦C and 30◦C respectively.
8.5.3 Robustness to noise
To estimate the robustness of our method, we take a closer look at the
NaCl experiment at 30◦C. First, the concentration profiles of both ring
resonators (CA and CB), that were used to calculate the diffusion coeffi-
cient, are smoothed with a third order Savitzky-Golay filter to yield C˜A
and C˜B .[17] Secondly, we add low-pass filtered gaussian noise (NA(σ) and
NB(σ)) to these smoothed curves with a zero mean and varying standard
deviation σ. The cut-off frequency of the second order low-pass Butter-
worth filter was chosen to match the typical time-scale of the experimental
noise. The diffusion extraction method is followed based on these smoothed
curves with added noise C˜A+NA(σ) and C˜B +NB(σ) for the different val-
ues of σ. The procedure is clarified in figure 8.12. We can then extract how
the obtained diffusion coefficient is affected by an increase in experimental
noise. The results are shown in figure 8.13. When the applied noise has a
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(3) Add low-pass filtered gaussian noise
to smoothed curves
(4) Least-square fitting to extract
the diffusion coefficient
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(2) Generating low-pass filtered
gaussian noise with standard deviation σ(1) Smoothing with Savitzky-Golay filter
Figure 8.12: Step-by-step visualization of the procedure followed to obtain the
diffusion coefficient for a given experimental noise with standard deviation σ.
standard deviation σ >0.5 g/L, the diffusion coefficient is varying rapidly
up and down such that a reliable extraction of the diffusion coefficient is
no longer possible.
8.5.4 Experimental noise
We also evaluated the experimental noise of the measured concentration
profiles of the microring resonators. Hereto, we take the standard devia-
tion of the difference between the Savitzky-Golay smoothed curve and the
measured concentration curves of the ring resonators in set 2, 3 and 4 (the
resonators that can be used for diffusion extraction). This way, we obtain
an average standard deviation value of 0.081 g/L. This value is indicated
in figure 8.13 by a green line. The diffusion coefficient that is found based
on the smoothed curves (σ = 0), has a value 16.306x10−10 m2/s, which is
2.88% lower than the literature value.
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Figure 8.13: Extracted diffusion coefficient for a given experimental noise with
standard deviation σ (blue). The red curve shows the literature value whereas the
green curve shows the diffusion coefficient D for an experimental noise σ=0.081
g/L and the D(σ = 0.081)± 3% limits.
8.6 Conclusion
We presented a new method to study the diffusion process of small solutes
in microfluidic channels with an integrated opto-fluidic chip. Both glu-
cose and NaCl were used as example solutes to demonstrate the potential
of this method. In the glucose diffusion measurements, we experimented
with two distinct cases of mass transport: one where the glucose can enter
the diffusion channel from a stopped flow and a second, where the glucose
enters from a moving reservoir. In the first case, pure diffusion applies,
whereas the latter serves as a text-book example of a driven cavity. In the
NaCl diffusion measurements, we used two distinct temperature settings
to confirm the increase in diffusion speed with temperature.
The robustness of the measurement procedure was investigated. It shows
that when the concentration curves are measured with an experimental ac-
curacy σ of up to 0.85 g/L, the error in diffusion coefficient remains lower
than 3.0%. The presented method is also robust against temperature varia-
tions during the measurements, as reference sensors can be employed. It is
furthermore versatile in the way the ring resonators are positioned along
the microfluidic channels, such that mass transport can be observed over
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a large chip area. It is important, however, that the distance between the
consecutive ring resonators is known.
Future improvements include a new silicon-on-insulator chip design with
more micro-ring resonators and a smaller ring spacing than 1.8 mm in the
diffusion channel. This leads to more and faster acquired time-dependent
concentration profiles that can be used in the determination of the diffu-
sion coefficient. In a last step, the whole measurement procedure and data
extraction can be automated. This will make way for a quick and accurate
diffusion coefficient determination.
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Numerous research initiatives are geared towards the development of a
continuous glucose monitor (CGM). This device can offer to millions of di-
abetes patients worldwide the chance to optimize their medical treatment.
Although numerous transducers can be imagined to detect glucose, we in-
vestigated near infrared (NIR) absorption spectroscopy of the interstitial
fluid. More specifically, we analyzed whether a miniature NIR absorption
spectrometer integrated onto a silicon chip can be used in an implantable
CGM. This involved the study of both the sensing principle itself (NIR ab-
sorption spectroscopy) and the various constraints imposed by the in vivo
setting.
We started with a discussion on the sensing principle (see chapter 2). Two
main conclusions were drawn: to accurately detect glucose in ISF, we need
both multivariate analysis and a spectrometer with a very high signal-to-
noise ratio (SNR) on the order of 40 dB. The latter demand originates from
the low physiological glucose concentration compared to the water content
in interstitial fluid. Only a spectrometer with a very high SNR can distin-
guish the glucose signal from the dominant water absorption. To also dis-
tinguish glucose from other absorbing bio-molecules, multivariate analysis
is needed. Furthermore, this multivariate analysis points to a large set of
wavelengths, across a wide wavelength range, to be used to increase the
specificity for glucose.
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The investigation of the in vivo setting led to the conclusion that we need
an evanescent sample interface, instead of a free space interface (see chap-
ter 3). Hereto, we first derived that the strong tissue scattering and the low
glucose content in cells, imposes the use of a membrane, such that only flu-
ids are sampled. When this membrane is present, the risk for a sensor delay
due to slow glucose diffusion into the fluid cavity is smaller in the case of
an evanescent sensor. In addition, the sturdy alignment of an evanescent
sensor, compared to the free space configuration, will improve the sensor
stability and allows the straightforward integration of additional sensors.
The latter is important as the high SNR requirement of the spectrometer
strongly favors a dual-beam configuration with at least one signal and one
reference sensor.
We theoretically investigated evanescent absorption spectroscopy using
silicon waveguides and concluded that the optimal evanescent sensor is a
low-loss rib waveguide of appropriate (computable) length, that is routed
into a spiral to minimize the sensor footprint (see chapter 4).
The performance of these evanescent spirals for glucose sensing was also
experimentally verified (see chapter 6). For these experiments we firstly
optimized the instrumentation to read-out the evanescent sample interface.
We found that a pre-dispersive dual-beam system with a broadband source
and tunable filter allows accurate glucose measurements with an error-of-
fitting down to 1.14 mM and 95% confidence interval of 0.86 ± 0.86 mM.
These values are limited by slow, thermal drift effects in our optical set-up.
The potential impact of the in vivo setting on the evanescent sensors was
also studied. We found that the sensor transmission is severely impacted
by the high content of salt (154 mM) that is present in bodily fluids. In ad-
dition, we need to ensure that molecules do not adsorb to the waveguide
surface. A thin layer of 40 nm already reduces the confinement factor of
rib waveguides (hence sensitivity) by 50 %.
NIR absorption spectroscopy
In vivo setting 
multivariate analysis
select wavelength range dual-beam
High SNR needed
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All of the above considerations can be translated into the general de-
sign of an implantable spectrometer with an evanescent sample interface
(see figure 9.1). From the in vivo setting, we could derive that the implant
needs a membrane and from the measurements with evanescent spirals we
know that the spectrometer needs a broadband source. The implementa-
tion of these features were however not studied in detail in this work. In
contrast, we did investigate the three additional features of the implantable
silicon chip: wide-band operation, dual-beam design and sensor multi-
plexing.
The spectrometer should cover a wide wavelength range to enable high
glucose-specificity. We showed that integrated SOI spectrometers with
GaSb-based photodiodes can be designed to operate with wavelengths
from 1510 to 2300 nm (see chapter 5). This covers both the first overtone
and combination band features in the glucose absorption spectrum. The
developed spectrometers have a channel spacing ranging from 3 to 7 nm
and a number of channels ranging between 8 and 30. A minimum inser-
tion loss of -3 dB and a moderate cross-talk level of -10 dB was obtained,
which is currently limited by the fabrication process. We showed experi-
mentally that they are suitable for molecular detection of strongly absorb-
ing molecules.
The integrated spectrometer should have a dual-beam configuration suit-
able for in vivo operation. We showed with a proof-of-principle experiment
that this can be realized with a so-called diffusion-assisted dual-beam de-
sign. In this design, the signal sensor is located close to the glucose supply
and glucose molecules can only reach the reference sensor by diffusing
down a long channel (see chapter 7). A good error-of-fitting of 1.41 mM
was obtained. More research, however, is needed to elaborate on the glu-
cose concentration extraction procedure, calibration strategies and limita-
tions of this approach.
The final feature, sensor multiplexing, was indirectly investigated in chap-
ter 8. We showed that ring resonators can be used to accurately measure
the diffusion of small molecules such as glucose. Because ring resonators
are sensitive to refractive index changes, they can be implemented as a
(non-specific) glucose sensor, temperature sensor, sensor for molecular ad-
herence etc. By monitoring all of these environmental parameters in the
implant, we can monitor what happens at the sensing site and use this in-
formation to correctly interpret the measured ISF transmission spectrum.
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9.2 Perspectives
Is it possible to measure glucose in vivo with an implantable Si photonics
optical chip? That is the ultimate question. Unfortunately, we cannot an-
swer this question positively yet. Fortunately, what we can say is that our
sensor has good potential. However, at least the two following issues have
to be solved before we can positively answer the fundamental question.
The first problem relates to the strong response of our sensor to NaCl. It
should be studied what the exact cause is of this behavior and if this hap-
pens for other salts as well. Still, the human body requires a minimum
amount of Na+ ions of 135 mM, which is 25 times larger than the average
glucose concentration. Thus, we must make sure that we can make our
sensor insensitive to NaCl as it has a large and time-varying concentration
in the interstitial fluid. A strategy to avoid the interaction between salt and
our semi-conductor surface must be identified before further sensor devel-
opment (for in vivo glucose detection) is sensible.
The second problem that should be solved, concerns the integration of a
suitable source into the implant. Which source configuration gives the low-
est glucose detection limit, highest technological feasibility (high fabrica-
tion yield/tolerance) and has a low power-consumption? In this work, we
conclude that a coherent light source will introduce a strong time-varying
ripple in the spectral response of the sensor. This ripple is very sensitive
to environmental parameters and is considered to be a dominant source of
noise. Therefore, a broadband source is strongly advised. A broadband
source (SLED or LED) is, however, not elegant in terms of required en-
ergy. The spectrally interesting regions for glucose are typically smaller
than the emission bandwidth of an SLED/LED and spread across a wide
wavelength range. Therefore, a large part of the emission bandwidth is of-
ten not needed for the glucose determination but still constitutes emitted
energy. As energy consumption is an important parameter for a wirelessly
powered implant, this is a drawback for broadband source integration. In
addition, at this point it is not yet clear what the technological arguments
in this discussion are. What is the fabrication yield for both a laser array
and a SLED/LED for example?
Another concern with respect to the selection of a suitable source is the
wavelength range that is needed to detect glucose. There seems to be a
chicken-or-egg problem with respect to the selection of operation wave-
lengths of the integrated spectrometer. How can we find the optimal wave-
lengths (through multivariate analysis) using measurements of a spectrom-
eter, who’s performance depends on the wavelengths for which it is de-
signed?
Next to the above more fundamental problems, there are two aspects that
should be looked into to confirm that an integrated evanescent sensor can
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achieve the required performance. Firstly, during the evanescent glucose
absorption experiments, we identified slow drift as the main limitation of
our set-up. Small thermal changes that impact the fiber array/chip inter-
face, induce a slow drift that is different for the signal and reference arm.
This imbalance renders the dual-beam system ineffective. It should thus be
investigated if a better balanced on-chip read-out with integrated photo-
diodes and low-power wire-bonded CMOS electronics can outperform a
fiber array-based set-up with highly sensitive external photo-detectors.
Secondly, the long-term performance of the diffusion-assisted dual-beam
design with a membrane should be looked into. Is it possible that small
molecules that enter the membrane adhere permanently to the silicon sur-
face? Can this adhesion be avoided? As mentioned before, any thin layer
reduces the sensitivity of an evanescent sensor. This is especially true for
SOI waveguides which have a high refractive index contrast and small di-
mensions.
On a last note, during this doctoral thesis an interesting optical circuit
was fabricated, but was not used due to priority- and time issues. The
fabricated silicon-on-insulator chip contains a dual-beam circuit with wire
waveguide spirals that is diced in such a way that it can be integrated on
top of a 8-channel fiber array facet. This fiber array probe can enable quick





Diabetes is a serious chronic disease that affects 347 million people world-
wide. It is related to the malfunction of the pancreas to produce enough
insulin or when the body doesn’t effectively uses the produced insulin.
These effects limit the glucose uptake by cells, causing a myriad of health
problems. Major clinical trials have demonstrated that tight control of the
blood glucose level reduces the health complications and reduces the over-
all cost of treatment. Continuous glucose monitoring (CGM) is crucial for
this glycemic control. CGM is the regular measurement of the glucose con-
centration in either blood or the interstitial fluid (ISF). The research pre-
sented in this doctoral thesis is part of GlucoSens, a large research project
for the development of an implant for continuous glucose monitoring in
diabetes patients (www.glucosens.be). This multidisciplinary project was
funded by the IWT for four years as a strategic basic research project,
meaning that a considerable amount of the research results can be lever-
aged to other applications as well. The envisioned implant comprises an
optical sensor that detects glucose based on its absorption spectrum. The
implant would measure the glucose in the interstitial fluid. The optical
sensor is integrated onto a photonic chip, meaning that it is a collection of
miniature optical components that are aligned onto a planar base substrate.
In figure A.1 the envisioned implant is shown. Each of the GlucoSens re-
searchers worked intensively towards overcoming the challenges imposed







Figure A.1: GlucoSens: development of an implantable glucose sensor (drawing
by Wim Bogaerts)
troscopy. These requirements are long-term stability, high performance,
small size, low weight and last but definitely not least bio-compatibility.
The following research groups were involved:
1. Photonics research group, UGent, responsible for the development of
a miniature spectrometer
2. Polymer chemistry and biomaterials research group, UGent, respon-
sible for the development of biocompatible coating materials based
on PDMS and PMMA
3. Tissue engineering group, UGent, responsible for in vitro evaluation
of the developed implant
4. Surgery & anesthesiology of domestic animals, UGent, responsible
for in vivo testing of the developed implant
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5. Mechatronics, Biostatistics and Sensors group (MeBioS), KULeuven,
responsible for tissue modeling and multivariate analysis of absorp-
tion spectra
6. Imec, responsible for electronic drivers and sensor read-out
A short introduction to the goals of each of the involved teams is given
below:
A.1.1 Photonics research group
To tackle the size and weight limitations of a human implant, the miniature
spectrometer is a silicon-based photonic integrated circuit (PIC). To cre-
ate this miniature spectrometer we needed to combine both passive (light-
routing) and active (light generating and detecting) components on a sin-
gle silicon chip. At the start of the project, the photonics research group
(PRG) had already demonstrated first generation devices of these neces-
sary individual components. It was, however, key to the project to extend
this expertise to both a new wavelength range and new materials, next to
analyzing and developing the optimal spectrometer configuration.
A.1.2 Polymer chemistry and biomaterials research group
The bio-compatibility is an important factor for the long-term stability of
the implant. Heavy body reactions to the implant can lead to biofouling of
the sensor, leading to a cut-off from the glucose supply to the sensor. The
glucose supply can be stimulated by an increased number of blood vessels
in the surrounding of the sensor. By working with soft polymers with a
surface treatment, these blood vessels can be attracted. The appropriate
surface treatment also reduces the body reactions. The polymer chemistry
group (PBM) focused on the surface functionalisation of two synthetic ma-
terials namely, (poly)dimethylsiloxane (PDMS) and (poly)methylmethacrylate
(PMMA). In addition, they optimized the fabrication process to reduce the
roughness of the materials which also improves the biocompatibility of the
implant.
A.1.3 Tissue engineering group
The tissue engineering group worked closely together with the PBM team
and focused on the in vitro characterization of the developed polymer ma-
terials by studying the cell growth and the density of blood vessels around
the materials. In addition, they were involved in the analysis of the sam-
ples that were implanted during the various in vivo animal test-rounds
that were organized during the project.
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A.1.4 Surgery & anesthesiology of domestic animals
This research team was responsible for the four implantation rounds that
were organized during the project. This included the care for and health
monitoring of the animals, next to the implantation and explantation surgery
itself. Given that live animal research is challenging, they also solved lots
of practical issues such as the design and fabrication of special jackets and
experimental cages. The test animals were goats and all in vivo tests were
approved by the ethical committee.
A.1.5 Mechatronics, Biostatistics and Sensors group
The MeBioS research was targeted at the extraction of the glucose concen-
tration given the measured ISF absorption spectra. This required mul-
tivariate analysis strategies in order to distinguish the glucose signature
from other molecules that have similar absorption bands. In addition, they
investigated the glucose detection limits when the additional complexity of
light scattering due to cells was present in the optical measurement path.
A.1.6 Imec
As a world-renowned institute for nano-electronics research, imec was in-
volved in the design and fabrication of a CMOS electronic chip that com-





















Figure A.2: GlucoSens demo 4: (a) Mask design for the passive SOI spectrometer,
photodiode array, electrical wiring and microfluidics (b) micro-controller board
with interposer containing the fabricated miniature spectrometer
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Demo 4 was one of the final demonstrators for the GlucoSens project.
The demonstrator combines an SOI chip with integrated photodiodes, mi-
crofluidics and a die-bonded CMOS (Complementary Metal Oxide Semi-
conductor) chip. The optical and microfluidics design was done in the pho-
tonics research group and the electronics was developed by imec. The opti-
cal circuit comprises two dual-beam spectrometers with preceding evanes-
cent sensor and photodiode array. The optical circuit is shown in figure
A.2(a). The spectrometers are 16-channel PCGs with 6 nm channel spac-
ing and a center wavelength of 1.59 µm for the first overtone band (F.O.)
and 2.11µm for the combination band (C.B.). The optical design is such
that a fiber array can be used as an input to ensure a stable input signal.
In addition, the remaining fiber array channels can be used to read-out
two reference dual-beam optical circuits that contain the evanescent sen-
sors without wavelength demultiplexer. A microfluidics circuit in PDMS
was designed and fabricated as well, to enable fast and easy switching of
various sample fluids.
The CMOS electronics chip was designed at imec in Leuven and had two
functionalities. On the one hand, it can drive a 16-channel laser array and
16-channel heater array and on the other hand, it can process the photocur-
rent from 2 x 16 photodiodes. The CMOS chip contains a 16 bit analog-to-
digital convertor that can analyze two photocurrents (1-10 µA) simultane-
ously. This is to measure both the signal photocurrent and reference pho-
tocurrent from the dual-beam spectrometer.
Although initially it was the plan to use GaSb photodiodes, InP photodi-
odes were processed due to lack of manpower. Therefore only the left side
of the optical circuit (for the first overtone band) was used and a single
CMOS chip was bonded onto the SOI. The SOI was fixed onto an inter-
poser PCB and wire-bonds were used to connect the PCB to the CMOS
chip. This interposer was then mounted onto a micro-controller board as
shown in figure A.2(b). Through a GUI in matlab we could communicate
with the CMOS chip. Both the CMOS chip and SOI chip with InP photodi-
odes were tested separately and found working properly. Unfortunately,
the full demonstrator showed no photocurrent read-out. The reason is thus
far unkown and because the CMOS chip, wire-bonds and photodiodes are
covered with the protecting polymer globtob, we cannot properly test the
electrical connections. We can conclude that the fabrication cycle is devel-
oped, but a new iteration (without globtob) is needed to find the failing
process step.
